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Abstract  
Traumatic brain injury (TBI) represents a major health issue for children and adolescents. 
Neuroimaging techniques in concordance with animal models have suggested the developing 
brain has a different response to concussive injury than the mature brain (Shrey, Griesbach 
et al. 2011, Choe, Babikian et al. 2012). Children exposed to TBI’s can face long-term 
developmental, health, and quality of life difficulties extending into adulthood (Anderson, 
Brown et al. 2009, Jones, Prah et al. 2019). Even a single TBI may disrupt the neurological 
mechanisms underlying ongoing development (Graham, Rivara et al. 2014). Furthermore, the 
risk of sustaining repeated injuries while recovering from a prior TBI is higher for children and 
adolescents than adults (Harmon, Drezner et al. 2013). Other studies of contact sport players 
found they were up to 60% more likely to sustain injuries following a concussive injury 
(Nordstrom, Nordstrom et al. 2014, Burman, Lysholm et al. 2016, Cross, Kemp et al. 2016) . 
One study of high school athletes found those with a history of concussion (3 or more) were 
more likely to suffer loss of consciousness, anterograde amnesia, mental changes lasting 
more than 5 minutes, and were 9.3 times more likely to demonstrate abnormal markers of 
injury severity (Collins, Lovell et al. 2002). Since concussions can be difficult to diagnose at the 
time, and symptoms can take up to 24 hours to manifest (ACC 2015), many players are likely 
to continue playing when they should be off the field.  
A study based in Canterbury shows that rates of child and youth TBI in their Christchurch 
cohort were also higher than previously reported and contact sport-related concussions were 
one of the leading injury causes among 15-25 year olds (McKinlay, Grace et al. 2008). 
Additionally, there is evidence to suggest that outcomes are poorer for female players who 
are also at a higher risk of TBI (Zuckerman, Lee et al. 2012, Harmon, Drezner et al. 2013). In 
spite of the acknowledged high incident rates of TBI important gaps in the research remain 
evident especially for junior rugby players. While protective headgear is used in a number of 
sports such as snow sports, cycling and American Football, until recently, rugby headgear was 
designed only to protect against cuts and damage to the ears rather than to mitigate against 
concussion. Given the complexity of interaction between brain injury and brain development, 
understanding, monitoring, and mitigating the impacts of sporting TBI is critical. In the past 
few years especially, there has been increased attention on possible concussion mitigation 
through using protective headgear, with World Rugby introducing new testing standards for 
headgear as a medical device (Rugby 2019). This allows innovative headgear designs to be 
tested for medical benefits such as potential concussion mitigation. 
In recent years, rugby headgear has seen significantly advancement in design and technology, 
with N-Pro and Gamebreaker releasing their headgear onto the market, claiming head impact 
force reduction. These claims, though currently unconfirmed by external researchers, if true, 
could mark the start of a new era of concussion awareness and mitigation in rugby.  
The claims made by these new headgear manufacturers about impact force reduction are 
currently unsubstantiated by in published literature. This study therefore aimed to investigate 
the impact force reduction capabilities of new headgear types compared to headgear that has 
been widely used and approved by World Rugby. This provided a detailed assessment of the 
linear acceleration reduction achieved by the most common types of rugby headgear. A new 
rugby headgear testing protocol was designed providing a far more in depth analysis of 
headgear properties.  
This headgear testing used a Hybrid III headform rigidly mounted to a drop carriage. This only 
allows for linear accelerations to occur. To more accurately recreate head impacts in a 
laboratory, a neckform should be used in conjunction with the headform. This allows for 
rotational motions of the head around a fixed point (representing the torso) and therefore 
allows rotational accelerations to be induced. Rotational kinematics have been widely 
theorised as more damaging to the brain tissues than linear kinematics through animal 
studies. The Hybrid III neck was been developed for the automotive industry based on early 
published data of various volunteers and cadavers (Humanetics 2019). Cadaver head and neck 
motions during impacts differ significantly from that of a living human. Additionally, the data 
used to develop these necks is outdated and has questionable reliability. Therefore, a basic 
validation model has been developed based on more recent published data for living humans. 
In addition, a new neckform was designed based on the Hybrid III design. This was assessed 
using the newly developed validation criteria.  
The ability to accurately simulate sporting head impacts in the laboratory depends largely on 
how well impact conditions can be measured and reported during gameplay. Wearable sensor 
technology provides real time information about head impacts on the field. Some of these 
systems however demonstrated high error rates both in the laboratory and on the field 
demonstrating the need for validation (McCuen, Svaldi et al. 2015, Nevins, Smith et al. 2015, 
Schussler, Stark et al. 2017, Tyson, Duma et al. 2018). With a new instrumented mouthguards 
on the market showing promising preliminary results, a validation study was carried out in a 
controlled laboratory environment to assess the accuracy of the HitIQ Nexus A9 instrumented 
mouthguard. This was chosen as it displayed promising preliminary results for accuracy and 
detection rate. A new impact method was developed to recreate impact conditions previously 
measured on the field. 
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1 Introduction 
1.1 Mild Traumatic Brain Injury (mTBI) in contact sports 
Concussion is an inherent risk of participating in contact, combat or collision sports. Some of 
the most studied sports include American Football, Ice hockey, Rugby union and boxing. All 
attract high numbers of participants with 8.5 million rugby players internationally (Rugby 
2017), 7.3 million participating in combat sports in the U.S and U.K (Lock 2018, Lange 2019), 
over 5 million American football players in the U.S (Lock 2020), and 1.5 million playing ice 
hockey globally (Gough 2019). Given the high intensity of these sports, injuries are common, 
with concussions being one of the most common. One Study estimates as many as 300,000 
sports related concussions occur annually in the U.S alone (Sosin, Sniezek et al. 1996). A large 
number of researchers have investigated the incidence rates of concussion, and report varied 
rates of concussive injury with 0.5 - 4.35/1000 athlete exposures (AE) in American football 
(Powell and Barber-Foss 1999, Schulz, Marshall et al. 2004, Gessel, Fields et al. 2007, Lincoln, 
Caswell et al. 2011, Kontos, Elbin et al. 2013, Willigenburg, Borchers et al. 2016), 0.4 - 46/1000 
AE in rugby (Schick, Molloy et al. 2008, Moore, Ranson et al. 2015, Ma, Lopez et al. 2016, 
Fuller, Taylor et al. 2017, Hecimovich and King 2017, Silver, Brown et al. 2018, King, Hume et 
al. 2019), 0.2 - 14.93/1000 AE in ice hockey (Schick and Meeuwisse 2003, Agel, Dick et al. 
2007, Agel, Dompier et al. 2007, Rishiraj, Lloyd-Smith et al. 2009), and 11.4 - 250.6/1000 AE 
for boxing and kickboxing (Porter and O'Brien 1996, Zazryn, Finch et al. 2003, Zazryn, Finch et 
al. 2003, Bledsoe, Li et al. 2005, Buse and Wood 2006, Estwanik, Boitano et al. 2016). This 
range encompasses both male and female athletes of all levels of play (youth, high school, 
collegiate, professional). 
When the head experiences impact accelerations, the difference in density and mechanical 
properties of the various brain tissues causes parts of the brain to accelerate at different 
rates, causing stresses and strains to develop within the brain tissue (Graham, Rivara et al. 
2014). This was shown to lead to neuronal and axonal damage (Graham, Rivara et al. 2014). 
The brain can handle some stresses and deformations without injury, however once a certain 
threshold is surpassed, trauma occurs which can elicit a variety of biological responses 
(Graham, Rivara et al. 2014). These may be structural (torn vessels and axons) or functional 
(changes in blood flow or neurological status), and may be immediate or delayed (Graham, 
Rivara et al. 2014). This gives rise to the short term symptoms of concussion such as loss of 
balance and memory (Table 1). Concussions and other head injuries can result in changes to 
the integrity of gray and white matter (Graham, Rivara et al. 2014).  
The developing brain is more susceptible to concussion than the adult brain and may require 
more time to recover (Baillargeon, Lassonde et al. 2012). Impacts over 10g that do not result 
in a participant presenting with acute symptoms of concussion, have been identified to be 
sub-concussive impacts (Bailes, Petraglia et al. 2013). Repetitive sub-concussive impacts may 
have negative long-term effects (Spiotta, Shin et al. 2011). It has been suggested that 
concussions, or combinations of concussions and sub-concussive head impacts, may result in 
long-term conditions such as chronic traumatic encephalopathy (Gavett, Stern et al. 2011), 
mild cognitive impairment (Guskiewicz, Marshall et al. 2005) and depression (Guskiewicz, 
Marshall et al. 2007). The exact mechanisms resulting in these conditions is not yet fully 
understood. 
Table 1  Symptoms of a concussive injury 
Physical Emotional Mental 
Headache Irritability Short term memory difficulty 
Nausea/vomiting Restlessness Long term memory difficulty 
Fatigue Anxiety Confusion 
Difficulty sleeping Depression Slowed processing 
 Aggression Feeling of “Fogginess” 
 Lower stress tolerance Difficulty concentrating 
 
Most concussions go unreported until symptoms start to show, which can be up to a few days 
(ACC 2015), meaning that a large number of concussions are not identified until 24 hours or 
more after the injury (Duhaime, Beckwith et al. 2012, McCrory, Meeuwisse et al. 2013), 
leaving a large amount of time for subsequent head impacts to occur. Additionally, concussive 
head impacts often do not result in a loss of consciousness, therefore further complicating 
the diagnosis of a concussive injury on field (ACC 2015). It has been reported that 
approximately 90% of concussions do not result in a loss of consciousness (Gardner, Iverson 
et al. 2015). Because of this, the concussion underreporting rates are estimated to be as high 
as 50%–90% (Gardner, Iverson et al. 2015). For 80 to 90 percent of cases, the individuals’ 
symptoms resolve within 2 weeks (McClincy, Lovell et al. 2006, McCrea, Guskiewicz et al. 
2009, Makdissi, Darby et al. 2010, McCrea, Guskiewicz et al. 2013, McCrory, Meeuwisse et al. 
2013) although recovery within that period appears to be somewhat slower for adolescents 
ages 13 years through high school than for college-age athletes (Field, Collins et al. 2003, 
McClincy, Lovell et al. 2006, Eisenberg, Andrea et al. 2013, Williams, Puetz et al. 2015).  
In an ideal case, assessment of an injured player is facilitated by the presence of a certified 
athletic trainer, team physician, or other health care provider on the side line, however, the 
vast majority of young athletes practice and play in circumstances where trained personnel 
are not immediately available. There are currently guidelines imposed on sporting 
organisations in New Zealand where the players thought to have sustained a concussive injury 
are removed from gameplay immediately and monitored for typical symptoms (Table 1) (ACC 
2015). Additionally, there are various sideline neurocognitive tests which can be performed, 
however, for most people these are not well known and can be complex. Removal of a player 
from the game relies upon the player accurately reporting their immediate symptoms, which 
hinders the effectiveness, as there is a tendency for athletes to underreport their own 
symptoms (McCrea, Hammeke et al. 2004, Dziemianowicz, Kirschen et al. 2012, Anderson, 
Gittelman et al. 2016). Studies of high school football players found that 62% of players would 
continue play after a concussion, with 41% of those players stating they did not want to be 
removed from the game, and 66% stating they did not think their symptoms were serious 
enough, therefore did not report their injury (McCrea, Hammeke et al. 2004, Anderson, 
Gittelman et al. 2016). One epidemiological study of reported traumatic brain injury (TBI) in 
the US estimated an economic burden of $60 billion annually (Daneshvar, Nowinski et al. 
2011). While in New Zealand this number sits between $2 million and $19 million annually 
(Gaffaney 2014, ACC 2015).  
1.2 Concussions in rugby 
Rugby Union is a popular contact sport played by approximately 8.5 million people in over 
121 countries worldwide (Rugby 2017). Due to the high intensity of the game, some have 
given rugby the title of a “collision sport” (P McLellan 2013, King, Hume et al. 2017) . Studies 
conducted into the force experienced by the head during gameplay found average peak linear 
accelerations (PLA, measured in g force) of 10-38g (P McLellan 2013, King, Hume et al. 2015, 
King, Hume et al. 2016, King, Hume et al. 2017, Hecimovich, King et al. 2018, King, Hume et 
al. 2018), with some reaching PLA values of up to 103-165g (Frechede and McIntosh 2009, 
King, Hume et al. 2015, Hecimovich, King et al. 2018, King, Hume et al. 2018), and a significant 
number being greater than 80g (King, Hume et al. 2018). Given rugby’s high reported impact 
forces, players are at a much higher risk of injury compared to non-contact sports (Hume, 
Theadom et al. 2017). Reports indicate that a player receives on average 14-52 impacts to the 
head over 10g per game (King, Hume et al. 2015, King, Hume et al. 2017, Hecimovich, King et 
al. 2018). One of the most common injuries in rugby is concussion (Marshall and Spencer 
2001, Hendricks, Jordaan et al. 2012, Gardner, Iverson et al. 2015, King, Hume et al. 2019) 
with incidence rates ranging from 0.4 – 46/1000 match hours (Collins, Micheli et al. 2008, 
Schick, Molloy et al. 2008, Moore, Ranson et al. 2015, Ma, Lopez et al. 2016, Fuller, Taylor et 
al. 2017, Hecimovich and King 2017, Silver, Brown et al. 2018, King, Hume et al. 2019).  
Only a few studies could be found which investigate the head impacts experienced by youth 
rugby players. In a junior level rugby league team in New Zealand with a mix of boys and girls, 
the peak linear acceleration ranged from 10g to 123g (mean 22g, median 16g). Each player 
received a mean of 13 impacts above 10g per match (King, Hume et al. 2017). Another study 
found that among 7-17 year olds, the most common area of injury was the head (20.2%) 
(Sabesan, Steffes et al. 2016), and a third found Junior players had median PLA of 15.1g 
whereas senior players had median PLA of 15.7g (Hecimovich, King et al. 2018). 
A US study found the majority (59.4%) of all rugby injuries occurred in 18-23 year olds and the 
most common head injury were concussions (40%). The head accounted for 18.5% of all 
injuries for this cohort (Sabesan, Steffes et al. 2016). For varsity aged rugby teams in the US 
concussions accounted for 24.6% of all injuries and was responsible for 25.3% of all days lost 
from participation. Concussion incidence rates were 3.8/1000 AE overall. However, this rate 
was found to be 11.1/1000 AE for match play, and 1.5/1000 AE for training (Marshall and 
Spencer 2001). Other studies of senior amateur rugby union (age range 22 ± 4 years old) 
experienced an average impact PLA of 22.2 ± 16.2g with an average duration of 12ms. These 
participants had an average of 77 ± 42 head impacts greater than 10g per game (King, Hume 
et al. 2015). In senior amateur rugby league, players (aged 23.3 ± 4.3 years old) experienced 
a mean of 52 ± 79 head impacts per player per game. The median PLA of these was 14g (mean 
of 19g) (King, Hume et al. 2017). In community Australian football, with participants all over 
18 years old, concussions made up 3.3% of all injuries. The incidence rate in games was 
1.2/1000 participation hours (Fortington, Twomey et al. 2015). 
Most of the literature on injury incidence pertains to professional level rugby. A study of the 
Welsh national rugby team gave a concussion rate of 13.8/1000 match hours with concussion 
covering 79% of all head injuries (Moore, Ranson et al. 2015). For professional rugby league, 
13-17% of players received concussions per season and 16% were repeat injuries. For every 
1000 player hours, there were 9.84 concussions in first grade, 7.87 in reserve grade and 5.90 
in age-group competitions (Under 21s and Under 19s). The highest rate was seen when an 
Under 19 team competed, for one season, in a non-age-restricted tournament, playing 
against older players, yielding a concussion incidence of 18.36/1000 player hours (Hinton-
Bayre, Geffen et al. 2004). In Australian football, players received an average of 60 ± 36 
impacts per season. (Hecimovich, King et al. 2018). A study of all teams in the 2003 Rugby 
World Cup (RWC) found that concussion only accounted for 2% of all injuries (four 
concussions), which is the lowest ever reported in any rugby data. Also, no player missed 
more than 1 game because of concussion, leading the researchers to the opinion that 
concussion may be underreported due to concerns by players and team management about 
the rugby laws. The three week return to play rule in a well monitored tournament may 
encourage team management, or informed players, to misreport injuries (Best, McIntosh et 
al. 2005). 
In senior women’s rugby league (age range 29.2 ± 7.8), the median impact force recorded was 
15g (95th percentile was 41g). These impacts lasted 12.4 ± 8ms and each player received 
average of 14 ± 12 head impacts per game. There was an overall concussion incidence rate of 
19.3/1000 match hours (King, Hume et al. 2018). Women were found to be more frequently 
injured in the head than men were (23% vs 15.9%) (Sabesan, Steffes et al. 2016). At the 
women’s rugby 7’s in America (age 23.6 ± 5.2), concussions occurred at a rate of 5.8/1000 
player hours for both elite and non-elite. Concussion was the second most common recurrent 
injury at 3.5/1000 player hours and led to a mean of 52 days absent (Ma, Lopez et al. 2016). 
In a study of collegiate rugby union in the US, the head and face was the most commonly 
injured body site for both men and women however this study found men to have higher 
game incidence of concussion than women (2.16 vs 1.58/1000 player hours), which was lower 
than elite rugby union (4.4/1000 PGH) (Kerr, Curtis et al. 2008).  
Studies reveal that 42-48% of impacts occur to the side of the head, making it the most 
frequently impacted area of the head (King, Hume et al. 2017, King, Hume et al. 2017). This 
was followed by the front, then the back of the head. Little has been reported regarding the 
concussive rate for each impact location. A club rugby study found that up to 33% of 
concussions were attributed to play that was outside of game rules (Fortington, Twomey et 
al. 2015). Injuries were found to be more likely to occur during match play than training, of 
which most were tackle related (Moore, Ranson et al. 2015). The most common mechanism 
of injury was a high head tackle, or a players head impacting the ground (Hinton-Bayre, Geffen 
et al. 2004). Concussive injuries were most frequently recognised when the player remained 
motionless following a tackle (49%). The second most common method of detecting 
concussion (23%) occurred only after the injured player voluntarily left the field reporting 
symptoms, despite the presence of certified athletic trainers and medical staff (Hinton-Bayre, 
Geffen et al. 2004). No statistical difference was found between concussion incidence of the 
forwards and backs and no difference in incidence rate was found between the two halves 
(Hinton-Bayre, Geffen et al. 2004). 
An economic study in New Zealand found that Maori recorded significantly more injury claims 
than any other ethnic group, accounting for 39.8% of all claims and 43.5% of injury 
entitlement costs. The incidence and costs of concussions is a concern. It was identified that 
the mean cost of a concussion over the same reporting period was $25,347. The mean cost 
per concussion over the duration of this study varied by ethnic group. New Zealand 
European’s recorded the lowest mean cost of $2,113 per concussion while New Zealand 
Maori recorded the highest mean cost per concussion of $38,118, however the reasons for 
this are still unknown (King, Hume et al. 2009). 
1.3 Impact testing standards 
The effects of mild to severe brain injury have been investigated for many years (High Jr, 
Sander et al. 2005, Scurlock and Andersen 2005, Sanchez and Burridge 2007). The specific 
mechanisms leading to mild traumatic brain injury (mTBI), or concussions, is still not fully 
understood.  
In 1998, the standard for testing rugby headgear was developed by world rugby (Rugby 2014). 
This standard specifies 3 separate locations for impact testing (Figure 1), with the crown being 
impacted once, and both forehead and temple areas being impacted twice. The drop height 
is required to be such that the energy level of the impact is 13.8J, which is defined in the 
standard as a 4.7kg mass falling from 300mm. This drop height can be adjusted for different 
mass headforms. The anvil is to be a flat steel surface with diameter 130mm. When tested 
this way the peak linear acceleration of the impacts shall not be less than 200g, but no more 
than 550g.  
 
Figure 1 Impact sites specified in the World Rugby standards for impact testing of headgear 
This differs from the requirements given by the NOCSAE standard (NOCSAE 2017). This 
standard pertains more to American football helmets than to the soft shelled rugby headgear. 
There are 6 impact locations defined in the standard shown in Figure 2. These are: front 
(forehead), side of the head, front boss (oblique frontal), rear boss (oblique rear), rear and 
top of the head. For each impact location there are 4 different impact velocities: 3.46, 4.23, 
4.88 and 5.46m/s. The requirement of this standard is that the peak severity index (Gadd 
Severity Index) shall not exceed 1200 SI, and no impact at 3.46m/s shall exceed 300 SI. It is 
worth noting that NOCSAE have several different standards for impact testing various 
headgear, some of which specify drop test rigs, and some use linear impactors. Across all 
standards however, they all suggest the same few impact velocities be used for testing, across 
the same impact locations.  
Now World Rugby has developed trial processes allowing headgear with proven medical 
benefits to be used in gameplay, despite breaking the previous material density regulations 
(Rugby 2019). The 200g limits for impact attenuation defined in the previous standard (Rugby 
2014) do not apply for “headgear as a medical device”, however all other specifications of 
regulation 12 must be met. Testing is carried out on the same impact locations (Figure 1), but 
at a range of drop heights: 0.15, 0.3, 0.45, 0.6, and 0.9m (Rugby 2019). At present, N-Pro is 
the only headgear to gain WR approval through this change (Rugby 2019). This headgear trial 
is a very recent development, and as such, many of the past studies into headgear impact 
attenuation use different methods from each other making comparison difficult. 
The NOCSAE and World Rugby standards use different headforms for the impacts. World 
Rugby specify a metal headform conforming to EN960 (Rugby 2019), whilst NOCSAE specify 
their own headform be used in conjunction with a Hybrid III 50th percentile neck from 
Humanetics (NOCSAE 2017). 
1.4 Injury metrics 
Peak accelerations are the commonly reported measures of the intensity of an impact 
however, there are several injury tolerance criteria that associate the linear and rotational 
head acceleration with the degree of head injury severity. The Wayne State Tolerance Curve 
was developed in the early 1960’s to quantify head injury in automotive impacts (Namjoshi, 
Good et al. 2013). It defines a peak linear acceleration versus impact duration curve, with the 
onset of serious skull injury lying on the curve boundary (Ransohoff 1970). This injury criteria 
pertains only to skull fracture rather than brain injury.  
The Gadd severity Index (GSI) was an expansion of this, developed using cadaveric and animal 
data to define limits for tolerance to severe brain injury (Gadd 1966). This equation integrates 
the acceleration versus time curve for the whole impact duration.  




One of the most used methods for assessing the likelihood and severity of brain trauma is the 
Head Injury Criterion (HIC), used to focus the severity index on the part of the impact most 
likely to be relevant to the risk of injury to the brain (Versace 1971). This is achieved by 
averaging the integration of the resultant acceleration vs. time curve over whatever time 
interval yields the maximum value of HIC. In 1998, the NHTSA introduced HIC15, where t2 and 
t1 are no more than 15 ms apart and the maximum HIC15 (hereon referred to as HIC) is not to 
exceed 700 (Rolf Eppinger, Emily Sun et al. 1998). It was assumed that serious brain and skull 
injury would result beyond this limit. 









 A numerical study by King et al. (King, Yang et al. 2003), estimated that a mild Traumatic Brain 
Injury (mTBI) tolerance for the HIC, associated with a 25, 50 and 75% likelihood of a 
concussion to occur, had HIC values of 136, 235 and 333, respectively. Other studies have 
estimated HIC thresholds of 151, 240 and 369 for a 25, 50 and 80% probability of sustaining a 
concussion, respectively (King, Hume et al. 2016). It should be noted that these are based on 
FE analysis of the brain during impact, and these figures have never been validated. 
There are a few failings of both the GSI and HIC metrics. They only incorporate linear 
acceleration and are not specific to impact direction.  
Holbourn originally found that the human brain is sensitive to rotational motion in (Holbourn 
1943), where shear strain patterns in 2D gel models were used to claim that translational 
acceleration is not injurious, but rotational accelerations are, due to the incompressibility of 
the brain tissue. Various animal studies have been performed over the years with different 
species subjected to linear and rotational head accelerations to see which is more damaging. 
Generalli et al  found squirrel monkeys became concussed only when subjected to purely 
rotational motion, but not purely translational motion (Gennarelli, Thibault et al. 1972). A 
seminal study by Denny-Brown and Russell found transient loss of consciousness was induced 
only when the head was free to rotate but not when the same forces were applied to a fixed 
head (Denny-Brown and Russell 1941). Further from this, there have been many 
investigations into the behaviour of the animal (primate or rat) brain in response to rotational 
accelerations (Gennarelli, Thibault et al. 1982, Gennarelli 1983, Margulies and Thibault 1992, 
Davidsson, Angeria et al. 2009). A review of non-human primate studies found that loss of 
consciousness and coma were rarely obtained with impacts causing primarily linear 
accelerations, but occurred frequently with much lower impact thresholds when the head 
was free to rotate (rotational accelerations). The same was found for diffuse axonal injury 
(Cullen, Harris et al. 2016). The same study also suggested that using a porcine model for 
concussion will produce results that scale to the human brain far more accurately. 
These studies have been used to attempt to develop injury risk criteria based on the rotational 
accelerations, however their reliability is limited due to the differences between the primate, 
animal, and human brain. Despite these limitations, the results of such studies led to the 
development of predictive metrics that included rotational head acceleration. In 1986, the 
Generalised Acceleration Model for Brain Injury Threshold (GAMBIT) was developed by 
Newnham (Newman 1986), and summed up in one final equation: 
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Where am and αm are the resultant linear and rotational acceleration peak values respectively. 
The equation has limits of 0 and 1. This was based on cadaver, monkey, and piglet head 
impacts, however due to the lack of data, the author concluded the function could not be 
fully validated with any confidence. Therefore injury thresholds have not been established. 
Much later, the head impact power was developed which incorporated both linear and 
rotational accelerations (Newman, Shewchenko et al. 2000). This has not been as widely 
employed as HIC as the coefficients must be set to the mass and mass moments of inertia of 
the head itself. Since these coefficients are not known for each individuals head, it can be 
difficult to employ in a realistic setting. This, however can be generalised for the population 
in question. In this particular instance the coefficients have been set to those of the 
Humanetics Hybrid III 50th percentile male headform. The equation put forward by Newman 
et al is: 
𝐻𝐼𝑃 =  4.5𝑎𝑥 ∫ 𝑎𝑥𝑑𝑡 + 4.5𝑎𝑦 ∫ 𝑎𝑦𝑑𝑡 + 4.5𝑎𝑧 ∫ 𝑎𝑧𝑑𝑡 + 0.016𝛼𝑥 ∫ 𝛼𝑥𝑑𝑡
+ 0.024𝛼𝑦 ∫ 𝛼𝑦𝑑𝑡 + 0.022𝛼𝑧 ∫ 𝛼𝑧𝑑𝑡 
Where a (with axial components ax, ay, az) is the linear acceleration (m/s2) and α (with axial 
components αx, αy, αz) is the rotational acceleration (rad/s2).  
Further development of these injury risk functions led to the development of another metric. 
The Principle Component Score (PCS) is unique as it combines both linear and rotational 
kinematics, along with the HIC and GSI scores for the impact. This was developed in 2008 by 
Greenwald et al (Greenwald, Gwin et al. 2008) and found relatively high correlation to data 
on injurious impacts from American football. The equation is: 
𝑃𝐶𝑆 = 10((0.4718𝑠𝐺𝑆𝐼 + 0.4742𝑠𝐻𝐼𝐶 + 0.4336𝑠𝐿𝐼𝑁 + 0.2164𝑠𝑅𝑂𝑇) + 2) 
Where sX = (X – mean(X))/(SD(X)) (for X = GSI, HIC, etc. SD is the standard deviation), LIN = 
peak linear acceleration, ROT = peak rotational acceleration, HIC = HIC score, and GSI = GSI 
score. This was demonstrated to have a low false positive rate when compared to impacts 
measured from the Head Impact Telemetry (HIT) system in American football. The PCS score 
can also be weighted for different impact locations. Weighting coefficients are 1.00, 0.95, 
0.62, and 0.48 for the side, front, back, and top respectively. This was included to reflect the 
relative risk of concussive injury from impacts to each of the different regions of the head, 
measured from gameplay of American football. Weighting the score showed an even lower 
false positive rate (Greenwald, Gwin et al. 2008). Following from the HIT system being 
employed, in 2012 Rowson et al proposed an injury risk function based on the accelerometer 
data collected from American football (Rowson, Duma et al. 2012):  







With a and α denoting peak linear and rotational accelerations respectively. Based solely on 
the rotational kinematics (shown in Table 2, taken from Rowson et al., 2012), a nominal injury 
risk was developed for specific rotational acceleration and velocity. This was based both on 
data from American football and large animal studies of brain injury.  
 
Around the same time, Kimpara et al proposed a rotational version of HIC called the 
Rotational Injury Criterion (RIC): 
𝑅𝐼𝐶 = (𝑡2 −  𝑡1) [
1







With the same variables as the HIC equation, with rotational acceleration used instead 
(Kimpara and Iwamoto 2012). This is taken over a 36ms time span which, similarly to HIC, 
leads to the maximum possible value or RIC. This was shown to have limited function on its 
own, and the authors recommended using RIC in conjunction with HIC. The benefit of using 
this equation however is its simplicity. RIC can be used without the need for complex head 
mass moments to be known, and as such, is a very good tool for comparing the intensities of 
various impacts.  
It should be noted that there are a significant number of finite element head models (FEHM), 
which have aided in developing the risk functions and metrics such as the Brain Injury 
Criterion (BrIC) (Shugar and Katona 1975, Hosey and Liu 1980, Ward, Chan et al. 1980, Zhou, 
Khalil et al. 1995, Zhang, Yang et al. 2001). These will not be investigated into any depth, as 
the present body of work pertains more to real life scenarios and laboratory reconstructions, 
rather than numerical studies. Additionally, many of the risk functions derived from these 
models lack accuracy when carried over to the impacts measured during gameplay. 
1.5 The human and Hybrid III neck 
The human neck is the portion of the body that joins the head to the shoulders and chest. 
This part of the spinal column is made up of seven vertebra called the cervical spine (C1 – 7) 
(Figure 2). Below the seventh cervical vertebra the thoracic spine begins. The neck provides 
support to the head and brain and protects important structures such as the spinal cord, veins 
and arteries, and the oesophagus, larynx and vocal cords (Britannica 2018). Several muscles 
such as the trapezius and sternocleidomastoid provide movement of the head and neck in 
various directions. 
Table 2                    Rotational accelerations and velocities associated with nominal injury risk values 
Nominal injury risk Rotational acceleration (rad/s2) Rotational velocity (rad/s) 
10% 5260 23.3 
25% 5821 25.8 
50% 6383 28.3 
75% 6945 30.8 
90% 7483 33.2 
 
Figure 2 Human cervical neck showing the bone structure on the left (Ornstein 2019) and the ligament structure on the 
right (Barnes 2020) 
The neck also has a number of ligaments that provide stabilisation and limit the motion of the 
bones (Figure 2). The vertebrae of the neck are comprised of two main materials, the nucleus 
pulposus and the annulus fibrosus. The structure of the neck allows for flexion, extension, and 
lateral bending of the neck as well as rotation to the left and right. Flexion and extension 
describe the forwards and backwards motion of the head respectively (Figure 3), while lateral 
flexion describes the sideways movement about the base of the neck.  
 
Figure 3 Motions of the head and neck (LeBlanc 2016) 
Anthropomorphic test dummies (ATD’s) have been widely used to understand how the body 
reacts to various injurious events since their development by the automotive industry in 1968 
(Humanetics 2019). Originally used for crash testing, the Hybrid III (H3) dummy was 
introduced by general motors in 1976, which had improved features and biofidelity over the 
previous hybrid II and ATD 502 (Humanetics 2019). Costing upwards of $11,000 USD, the H3 
neck uses three rigid aluminium vertebral elements molded in a 75 durometer (shore 
hardness) butyl elastomer to form the neck structure (Figure 4). The asymmetrical shape is 
used to provide higher bending resistance to flexion than extension (Foster, Kortge et al. 
1977). The H3 is available commercially and is federally mandated for certifying the 
crashworthiness on frontal impact of all passenger cars sold in the United States and a few 
other countries (Humanetics 2019). More recently however, H3 components have been used 
in studies branching out from automotive crash testing. Laboratory studies of sporting head 
impacts regularly use the H3 neck and headform. There has, however, been some debate 
about the biofidelity of the H3 neck, however due to a lack of sufficient data on H3 neck 
mechanics, it is not clear how well the H3 compares to the living human neck in directional 
loading. 
 
Figure 4 The Hybrid III neck showing the steel cable that goes through the centre of the neck and the upper 
instrumentation mounting (Foster, Kortge et al. 1977) 
1.6 Response of the human and Hybrid III head and neck to accelerations 
Nearly all studies of the response of the living or post mortem human head and neck to impact 
accelerations were carried out using a sled system. The participants are usually restrained 
such that minimal movement of the T1 vertebra is observed. This, however, was not always 
achieved, as stated in a follow up paper by Thunnissen et al, correcting the results for head 
rotation in their earlier study to account for T1 movement (Thunnissen, Wismans et al. 1995). 
In the original experiment the head and neck response to frontal acceleration was measured. 
The data only came from a single participant, and was recorded with a peak sled acceleration 
of 2.8g. This study yielded a peak head linear acceleration of 7.6g and peak head angular 
velocity of 550°/s (9.6 rad/s) (Ewing, Thomas et al. 1969). The study fails to report specific 
values of any other useful variables for comparison such as maximum rotation angles of the 
head and neck. For simplification of the relative motions produced by the head and neck, the 
two pivot linkage mechanism was developed (Figure 5). This is still used to this day for 
reporting head and neck motions.  
 
Figure 5 Two pivot linkage mechanism used for relative head motion description, taken from (Wismans, van Oorschot et al. 
1986) 
The Mertz corridor is commonly referenced for biofidelity tests of ATD’s. This corridor 
describes the head rotation for a given dynamic moment, however, it was created using only 
one volunteer and some post mortem human data. Wismans et al found that post mortem 
human subjects (PMHS) had higher head rotation values than living volunteers for a given 
acceleration through frontal flexion sled tests (Wismans, Philippens et al. 1987). Additionally 
The PMHS’ that were subjected to high level impacts (above 20g) sustained various injuries 
including vertebral fractures and strains in vertebral discs. Since the present study is 
concerned with non-injurious neck motions, the reliability of the Mertz corridor questionable 
and will not be used in this study. 
Thunnissen et al later proposed response corridors for both the head and neck link angle 
based on a revised analysis of the results achieved from sled tests performed many years 
earlier (Figure 6). The envelope represents the mean ± SD of a range of human tests reporting 
T1 acceleration, rotational, and linear kinematics of the head and neck for the given sled 
acceleration (Thunnissen, Wismans et al. 1995). These are the most widely used for validation 
of biofidelic neck forms and computer models of the head neck system.  
 
Figure 6: Response corridors for the acceleration input, accelerations and rotation angles for 9 volunteer experiments 
taken from (Thunnissen, Wismans et al. 1995) 
The same study also compared the H3 head and neck response to that of the human corridor 
(Figure 7). The H3 neck was stiffer than the human neck, shown by lower peak rotation of the 
head. In 2009, Arbogast et al examined the head and neck response to low speed frontal 
impacts representative of those used in bumper cars. Maximum acceleration was limited to 
4.5g, lower than what was used in previous studies. The adult average head rotation was 13.6 
– 38.2° relative to the sled coordinate system (Arbogast, Balasubramanian et al. 2009). The 
authors of this study reported maximum head rotations of 0.2 – 13.4° relative to the T1 
coordinate system (Table 8). This means that a large amount of torso motion was observed, 
and as such the acceleration at the T1 vertebra was different to that of the sled system. Due 
to the allowable motion of the T1 vertebral region during testing, Ewing et al reported peak 
T1 accelerations 2 – 3 times higher than those of the sled (Ewing, Thomas et al. 1978). 
Wismans et al report similar differences between the sled acceleration and the peak 
acceleration of the T1 vertebra. The authors of the latter study do not report the head 
rotation data with the T1 acceleration data, rather with the sled acceleration data (Wismans, 
van Oorschot et al. 1986). This is seen in almost every study that reports both input 
accelerations and measured T1 accelerations (Table 8). 
 
Figure 7: The applied T1 acceleration and the frontal H3 response (solid line) compared with proposed frontal performance 
requirements based on experimental data (dotted line) taken from (Thunnissen, Wismans et al. 1995) 
A study by Walsh et al found clear differences in the behaviour of the H3 neck when compared 
to the human data and a newer more complex ATD neck called the BioRID neck. Due to the 
design of the neck, the H3 bends almost immediately on impact. The human neck, in 
comparison, initially translates following the head until a limit is reached, upon which rotation 
of the neck occurs (Figure 8) (Walsh, Kendall et al. 2018).  
 
Figure 8: Impact behaviour of the hybrid III neck compared to the BioRID and human corridor taken from (Walsh, Kendall et 
al. 2018) 
Kallieris et al carried out frontal impact tests with cadavers, comparing the response to that 
of the H3 neck. The authors found the maximum cadaver head and neck flexion was about 
30% greater than Hybrid III extension. The maximum bending angle occurred earlier with the 
dummy than the cadaver, similar to Figure 7. They also found the global kinematics of the 
Hybrid III dummy and cadaver are comparable, however there were temporal and spacial 
differences in head and neck motion. The magnitude of head and neck flexion is greater with 
the cadaver and maximum flexion occurs later than observed with the Hybrid III dummy. 
(Kallieris, Rizzetti et al. 1995). The same observations were made for rear end collisions above 
25kph.  
Until this point, all data reported has pertained to frontal impact conditions. Far fewer studies 
investigate living human head and neck dynamics for rear collisions. Those that do use 
methods that impede motion of the head, meaning the reliability and comparability for 
validation of the H3 neck is questionable.  
Siegmund et al investigated the dynamic response of volunteers to low speed rear end 
collisions, however the speeds used were very slow (2 – 4kph). This meant peak input 
accelerations were also much lower than frontal studies (2.1 – 2.4g). Additionally, the 
participants were strapped into a car seat, with the headrest still attached limiting the motion 
of the head and neck. Nearly all participants contacted the headrest with the back of their 
head during the experiment (Siegmund, King et al. 1997). Kroonenberg et al used similar 
methods to investigate the rear end collision dynamics of volunteers. The same contact with 
the headrest was observed. This dictated the maximum neck extension angle (Van den 
Kroonenberg, Philippens et al. 1998). Methods such as these provide unfavourable results for 
comparison to the H3 neck, which is subjected to free, unrestrained motion during testing. 
The rationale behind the methods used in these two studies is obvious as allowing 
unrestrained movement of the volunteer head and neck in extension can easily lead to neck 
injuries.  Due to this however, data presented by Siegmund and Kroonenberg should not be 
used for comparison to the H3 motion, which is unrestrained during testing.  
Each study used slightly different parameters to generate head and neck motions. The most 
important of which are the T1 motions and the change in velocity during the acceleration 
event. Table 8 shows the data reported by each study discussed in this section. Lateral motion 
was not discussed as the methods are the same as those used for frontal flexion testing. The 
peak values presented in Table 3 were used to generate a validation criteria for the present 
study. The change in velocity was expected to have a large effect on the head and neck 
motions observed, however, this varies between studies. This is likely due to safety concerns 
as living volunteers cannot be subjected to the same extreme conditions that PMHS or ATD’s 
can, especially in rear (extension) motion. 
2 Experimental investigation into the potential of soft-shelled rugby 
headgear to reduce linear impact forces 
2.1 Rugby headgear 
Originally invented to stop players from getting “cauliflower ears’ during scrums, headgear 
has been a part of rugby since the 1920’s (sport 2019). It is mostly used to protect the head 
from cuts scrapes, abrasions and “cauliflower ears”. Headgear is only optional for players to 
use, unlike in other contact sports such as American football and ice hockey. Tight regulations 
are in place regarding the use of these headgear in all levels of rugby. Until recently, World 
Rugby (WR) permitted only certain types of headgear to be worn, with strict specifications 
imposed of 1cm max thickness and 45kg/m3 maximum density (Rugby 2019). Headgear is to 
meet this to receive IRB approval and be deemed suitable for gameplay (Rugby 2019). 
Assumedly this is to prevent development of hard shelled rugby headgear, similar to what is 
seen in American football, such that the head could be used as a weapon during gameplay. 
This however, heavily limited the development of headgear with most using a lightweight 
closed cell foam. World rugby has long held the belief that players should self-regulate their 
own play to reduce injury, and only intervene by introducing rules around the gameplay to 
reduce the likelihood of injury. Due to the nature of the game and the culture surrounding it, 
this method has a limited effect. This has been shown in a review study of intervention 
strategies in American football such as rule changes, education, and training provided largely 
mixed results in terms of concussion reduction (Phillips and Crisco 2020).  
Newer types of headgear are now being produced which are claiming potential concussion 
mitigation. The Npro headgear uses different materials to the earlier headgear designs for 
impact mitigation. Instead of a lightweight closed cell foam, the Npro headgear uses a higher 
density, open cell viscoelastic foam (Npro 2020). Similarly the Gamebreaker headgear uses a 
thin layer of viscoelastic foam, which is patented as their d30 impact absorbing material 
(Gamebreaker 2020). The impact attenuation properties of rugby headgear has been a 
subject of growing interest over the last two decades. Many researchers have endeavoured 
to find out if rugby headgear can reduce the likelihood of concussion through laboratory tests. 
However, until recently there hasn’t been an acceptable standard for testing rugby headgear 
for force mitigation. This has led to a range of methodologies within the literature, making 
comparisons between the studies difficult. 
One study carried out in New South Wales tested headgear at a range of impact drop heights 
(0.2 – 0.6m), but omitted any tests above that as headgear performed poorly above this 
height (McIntosh and McCrory 2000). The study also only included two impact locations, 
however, tested at 3 temperatures: -10, 20 and 50°C and used two separate types of 
headform. One of these was the Hybrid III headform used in this study, and another was a 
fully rigid magnesium headform, both being dropped onto a steel anvil. A study of the Npro 
headgear alone used only a 300mm drop height, however used a pendulum impactor to 
investigate rotational accelerations and repetitive impact effects (Ganly and McMahon 2018). 
The headgear brands Npro is compared with in the study were not named. Similarly, a study 
of a novel headgear type utilises the same impact world rugby drop height, however uses a ½ 
inch MEP pad for the anvil, instead of a flat steel anvil (Knouse, Gould et al. 2003). This study 
however, only reported the Gadd severity index (GSI or SI) of the impacts, which is far less 
commonly reported than the head impact criteria (HIC) severity measure within the literature. 
Another utilises drop heights of 0.2 – 0.6m, except when linear accelerations were too high 
for the 0.5 and 0.6m drops. This study however, uses a steel anvil instead of the standardised 
MEP pad (McIntosh, McCrory et al. 2004). Another study employs a 4G artificial grass surface, 
and a headform made from a resin to test impact performance of headgear (Frizzell, Arnold 
et al. 2018). This study also only records acceleration in one direction using a uniaxial 
accelerometer.  
Using different impact surfaces affects the impact performance of the headgear. The MEP 
pad allows for longer impact durations than the steel anvil. This allows for impact durations 
that are closer to the average of 12ms measured during actual gameplay (King, Hume et al. 
2015). The steel anvil creates a very short, high acceleration pulse, putting the laboratory 
measured accelerations well above those measured in real life. The studies conducted on 
headgear report peak linear accelerations of 100-1000g (McIntosh and McCrory 2000, 
Knouse, Gould et al. 2003, McIntosh, McCrory et al. 2004, Ganly and McMahon 2018). 
Additionally these studies all use different headgear and time between successive impacts for 
testing. Due to such a large variability in methodology, comparisons between the studies is 
difficult.   
Despite the mounting literature suggesting headgear can reduce impact forces and 
potentially concussion risks (Knouse, Gould et al. 2003, McIntosh, McCrory et al. 2004, Frizzell, 
Arnold et al. 2018, Ganly and McMahon 2018), the use of rugby headgear is only optional 
with very few players actively wearing them due to an attitude that they “offer little increase 
in safety and interfere with gameplay, therefore are not worth the money” (Pettersen 2002). 
With Rugby Union being the second most popular sport in New Zealand for young people 
(NZSSSC 2017)  and quickly gaining popularity worldwide (Rugby 2017), protecting players 
from the long term effects of concussion is imperative. Until recently, headgear only claimed 
to protect against cuts and scrapes. Now there are new types of headgear coming onto the 
market claiming impact force reduction (N-Pro, Gamebreaker) (Ganly and McMahon 2018, 
Gamebreaker 2019, Npro 2020) which have potential for concussion mitigation. This research 
therefore aimed to provide a coherent methodology to assess rugby headgear for its potential 
to reduce head impact accelerations critical for mitigation against concussions through 
reduction of accelerations. The need for clear data on whether or not headgear can make a 
difference in reducing head accelerations and associated injury risks is more important now 
than ever. Therefore, the aim of this study was to examine the effectiveness of soft-shelled 
rugby headgear to reduce the peak linear accelerations and the HIC score. 
2.2 Drop test rig 
A twin wire guided drop test rig was constructed to perform the headgear testing on (Figure 
9). This simulates a free fall onto an impact surface. A drop test rig was chosen as these are 
common in impact testing of rugby headgear, and are specified for use in both World Rugby 
and NOCSAE standards(NOCSAE 2017, Rugby 2019). The impact surface was chosen to be a 1 
inch MEP (modular elastomer programmer) pad manufactured by Cadex with a hardness of 
60 ± 2 Shore A. This was chosen as it is a standardised rubber material which gives a longer 
duration impact than a steel anvil. This creates impact 
durations closer to those reported from in vivo impact 
measurements. The MEP pad is also used when 
testing to the NOCSAE headgear impact testing 
standards. The headform used for testing was a 
Hybrid III 50th percentile male headform 
manufactured by humanetics. This is a cast aluminium 
headform wrapped in a rubber skin to give a more 
realistic response to impact. These were developed 
for automotive crash testing, but have been widely 
used in sports impact testing. The properties of the 
headform are validated before being shipped from 
the manufacturer. This was chosen as it best 
represented the average male head size and weight, 
compared to other headforms on the market.  
The headform was attached to a drop frame which 
held it in the specific orientations required for testing. 
The drop frame was made of thin (20x20x1.6mm) 
steel hollow section which could be lifted to the 
required heights by an electromagnet. This had an 
overall weight of 1kg (5.9kg total falling mass including 
headform). This electromagnet also allowed for 
instant release of the entire drop carriage, which is 
then guided by the wires in a ‘free fall’. Nylon bushes 
were incorporated where the steel wires guided the 
drop frame to ensure a low friction contact. Impact 
velocities for drop testing are defined in the NOCSAE 
standard, therefore video verification of the impact 
speed was conducted and compared to the 
theoretical impact speed based on a free fall using 
kinematic equations. High speed imaging was used to 
capture the last 100mm of the fall. The impact velocity 
was taken as the maximum velocity before the 
headform touched the MEP pad. This was carried out 
at 0.1 – 1.5m in increments of 0.2m (Table 4). The 
impact energy was calculated from the measured 
impact velocity and compared to the theoretical 
energy based on free fall from the drop height. Each 




Figure 9 Drop test rig used in this study 
Table 4                                                  Validation values taken using high speed imaging for the test rig  















0.1 1.40 6.72 1.44 6.12 2.77 5.47 
0.3 2.43 20.16 2.45 17.75 1.08 2.16 
0.5 3.13 33.60 3.11 28.59 0.60 1.21 
0.7 3.71 47.04 3.70 40.29 0.28 0.56 
0.9 4.20 60.48 4.17 51.19 0.88 1.76 
1 4.43 67.20 4.43 57.90 0.01 0.03 
1.2 4.85 80.64 4.87 70.10 0.46 0.92 
1.4 5.24 94.08 5.31 83.31 1.37 2.74 
1.5 5.42 100.80 5.40 86.13 0.40 0.80 
The measured velocities agreed closely with the theoretical. At the lowest drop height there 
was an error of 2.8% for impact speed, and 5.5% for impact energy. This error reduced to a 
maximum of 1.4% and 2.7% for impact velocity and energy respectively. This was considered 
close enough to the theoretical to calculate the drop heights for the specified velocities and 
impact energies directly from the kinematic equations.  
2.3 Headgear drop testing methods 
Six models of headgear were chosen: CCC Ventilator, Kukri, 2nd Skull, N-Pro and a medium and 
large sized Gamebreaker Pro (Figure 10) (herein referred to as headgear 1-6 respectively) with 
all units in medium size except headgear 6. Headgear 1 and 3 use light weight (≤ 45kg/m3) 
polyethylene foam arranged in cells around the headgear to provide padding. Headgear 1 
uses honeycomb shaped cells while headgear 3 uses cells replicating the shape of the logo. 
Headgear 2 uses a light weight (≤ 45kg/m3) ethylene vinyl acetate (EVA) foam arranged in cells 
similar to headgear 1. Headgear 4 uses a thicker, higher density (≥ 45kg/m3) open cell 
polyurethane foam in square cells of varied size (Ganly and McMahon 2018). Headgear 5 and 
6 use EVA foam and a layer of impact absorbing foam developed by D3O® (≥ 45kg/m3) 
(Gamebreaker 2020). Headgears 4 – 6 all use foams that are viscoelastic and open celled 
compared to headgears 1 – 3 which all use closed cell foams. Headgear 5 and 6 were the 
thickest samples (15 – 20mm max thickness), compared to headgear 4 (12 – 13mm max 
thickness) and headgears 1 – 3 (8 – 10mm max thickness). All headgear fit tightly on the 
headform with no slippage ensuring a consistent impact region throughout testing. All 
headgear was new and in unused condition before testing began. Headgears 1 – 3 and 
recently headgear 4 have all been World Rugby approved and are allowed to be used during 
gameplay, however, headgear 5 and 6 have not. It should be noted that World Rugby 
approved headgear (prior to the law 4 trial approval process) is not designed to mitigate risks 
of brain injury or skull fracture. Approved headgear is, however, often purchased by parents 
to help protect their children from head injuries. Additionally, this headgear serves as an 
appropriate baseline for comparing to newer models of headgear with potential to lower 
concussion risk. 
Testing of headgear was carried out using a twin wire guided, gravity induced drop test rig. A 
50th percentile male headform (Humanetics Innovative Solutions Inc.) was used to simulate a 
player’s head, on which the headgear was mounted (Figure 10 and 11). The headform was 
instrumented with a three axis accelerometer (MEAS 53-0500, ±500g, 10kHz sampling rate) 
held at the centre of gravity of the headform. The headform and sensors were calibrated using 
the protocol set by the code of Federal Regulations (CFR) (1997). A 1 inch (25mm) Modular 
Elastomer Programmer (MEP) pad by Cadex Inc. served as an impact surface (Figure 11). The 
pad was calibrated at an independent laboratory by Cadex Inc.  
Impact locations were determined using the NOCSAE (NOCSAE 2017) and World Rugby 
standards (Rugby 2014) for impact testing of sporting headgear (Figure 11). The top of the 
head (crown) was excluded from testing as preliminary impacts showed similar PLA and HIC 
reduction to other areas. Additionally, of the impact locations described in the standard, the 
crown is the least commonly impacted area during gameplay (King, Hume et al. 2015, King, 
Hume et al. 2016, King, Hume et al. 2018). The headform was dropped from 4 different 
heights, corresponding to 13.8J impact energy, specified by world rugby (Rugby 2014), 
300mm drop height specified by World Rugby and common in previous studies (Knouse, 
Gould et al. 2003, Rugby 2014, Ganly and McMahon 2018, Rugby 2019), and heights providing 
impact velocities of 3.46 and 4.23m/s specified by NOCSAE (NOCSAE 2017). These are 
summarised in Table 5.  
 
Figure 10 headgear included in the testing, from top left to bottom right: CCC Ventilator, Kukri, 2nd Skull, Gamebreaker 
blue, Gamebreaker Black, Npro 
The impact energy was determined for the total falling mass of 5.9kg including the drop frame 
(Figure 11). Five repeats for each orientation and drop height were performed with 60 
seconds between successive drops as required by NOCSAE (NOCSAE 2017). It should be noted 
that this study does not intend to exactly recreate either the World Rugby or NOCSAE 
standards, but uses them as a base from which to extend the investigation of headgear 
behaviour. This study did not test headgear for world rugby approval, but assessed and 
compared the impact attenuation behaviours of selected headgear.  








238 2.16 13.76 World Rugby 
300 2.43 17.24 World Rugby 
610 3.46 35.32 NOCSAE 
912 4.23 52.78 NOCSAE 
Linear impact accelerations were measured for each drop. These were recorded 5ms before 
a 10g threshold was reached and continued recording for 50ms thereafter. Initial trials found 
this to encapsulate the entire acceleration-time curve for the longest impact times recorded. 
Data was then processed in a custom MATLAB code to find the peak acceleration and 
maximum HIC value for each of the five repeats. 
 
Figure 11 Impact locations, and locations on the MEP pad. From top left to bottom right: rear boss, rear, side, front, front 
boss 
A post hoc analysis of the results was performed using IBM SPSS® Statistics with the mean 
peak linear acceleration (PLA) and HIC values calculated for each headgear at three drop 
heights (238mm, 610mm and 912mm) in each orientation. 300mm was excluded as there was 
little difference in impact forces between 238mm and 300mm. Composite averages were 
taken as the average PLA and HIC across all orientations for each height and headgear. The 
data was then analysed with a mixed design analysis of variance (ANOVA) to find statistically 
significant differences in the PLA and HIC measured for the headgear drops. A p-value <0.05 
was considered statistically significant. 300mm drop height was excluded from the composite 
statistical analysis, as 238mm and 300mm impact behaviour follow the same trend and 
display extremely similar PLA and HIC values. 300mm drop height was included in location 
specific analyses of the data however. 
2.4 Headgear drop testing results 
2.4.1 Composite behaviour 
All headgear significantly reduced both the PLA and HIC values (Table 6 and 7) compared to 
no headgear at all heights (p < 0.05). There were no significant differences in PLA between 
headgears 1 – 3 at any of the three heights. Headgear 4 significantly reduced PLA and HIC 
when compared to headgears 1 – 3 at all three drop heights. Headgear 5 and 6 reduced PLA 
significantly more than headgears 1 – 4 across all heights (p < 0.05). Headgear 6 produced 
significant PLA reduction when compared to headgear 5 at 238mm drop height (p < 0.05). At 
all heights above this, neither 5 nor 6 significantly reduced PLA more than the other, however 
they consistently reduced PLA compared to headgears 1 – 4. 
 
Following a similar trend to PLA, all headgear significantly reduced HIC when compared with 
no headgear at all heights (p < 0.05) (Table 7). At 238mm drop height, headgear 1 reduced 
HIC significantly more than headgear 2 and 3. No significant difference in HIC reduction 
between headgears 1 – 3 was seen at any other height (Table 7). Following the trend of PLA 
reduction, headgear 4 significantly reduced HIC compared to headgears 1 – 3 while both 5 
and 6 significantly reduced HIC compared to all other headgear including headgear 4. At 
238mm, headgear 6 reduced HIC significantly more than headgear 5. This was not observed 
at any other heights.  
 
2.4.2 Location specific behaviour 
All headgear reduced average PLA and HIC to some extent. The average PLA (Figure 12) and 
HIC values (Figure 13) were highest for rear impacts across all headgear at all heights. Side 
impact locations showed higher average PLA and HIC scores than the forehead, front boss 
and rear boss locations. Forehead and rear boss impact locations showed similar average PLA 
and HIC values across all heights while both giving consistently lower values than side and 
rear impacts. Front boss impacts gave the lowest PLA and HIC across all heights and headgear 
units. All trends were followed when no headgear was present. Headgear 4 showed much 
higher mean PLA and HIC values than headgear 5 and 6 in rear impacts, but still lower than 
headgears 1 – 3.    
Table 6 Mean (SD) composite percentage reduction values compared to no headgear 
 PLA Reduction (%) HIC Reduction (%) 
 238mm 610mm 912mm 238mm 610mm 912mm 
CCC 18.5(2.2) 7.2(2.2) 6.5(1.2) 32.4(3.7) 13.3(2.4) 12.4(2.2) 
Kukri 17.8(1.9) 7.9(2.2) 7.2(1.5) 29.7(3.3) 14.7(2.4) 12.5(2.8) 
2nd Skull 16.2(3.0) 7.8(2.9) 5.6(1.8) 29.2(4.8) 14.9(3.5) 11.7(2.4) 
Gamebreaker Blue 39.7(3.1) 31.7(3.5) 29.9(2.7) 57.3(4.0) 49.6(4.5) 47.4(3.8) 
Gamebreaker Black 45.3(2.6) 33.6(3.3) 32.4(2.4) 62.7(3.1) 51.6(3.9) 50.9(2.9) 
N-Pro 32.6(2.7) 21.5(3.4) 19.9(3.1) 50.0(4.0) 34.7(3.9) 33.9(4.6) 
Table 7             Mean (SD) values for the composite behavior of the headgear compared to no headgear  
Peak Acceleration (g) HIC Score  
238mm 610mm 912mm 238mm 610mm 912mm 
No Headgear 71(0.2) 142.6(2.0) 198.1(0.8) 100.8 (0.6) 424.5(4.3) 853.1 (8.3) 
CCC 58.2(1.4) 132.8(1.6) 184.4(0.9) 67.8 (2.9) 372.8 (5.8) 743.7 (9.4) 
Kukri 58.8(1.0) 131.4(1.4) 183.2(2.0) 70.9 (1.6) 363.3 (3.5) 741.9 (13.6) 
2nd Skull 60.0 (1.9) 132.1 (2.5) 186.5(2.8) 71.6 (4.0) 371.7 (11.1) 751.5 (15.2) 
Gamebreaker Red 42.9(1.7) 96.2 (3.8) 136.8 (4.3) 42.9 (2.7) 209.7 (13.7) 435.8 (26.3) 
Gamebreaker Blue 39.0(1.7) 93.8(3.3) 132.4 (4.2) 37.4 (2.3) 201.8 (11.3) 412.1 (19.3) 
N-Pro 48.3(1.8) 111.7(3.7) 158.6 (6.1) 50.4(3.2) 280.3 (11.4) 572.8 (32.4) 
 
Figure 12 Mean (SD) peak linear acceleration for each headgear unit in each orientation at A. 238mm, B. 300mm, C. 
610mm and D. 912mm 
Table 8 displays the average percentage PLA and HIC reduction across all four drop heights 
for each orientation. For headgears 1, 3, and 4, the least PLA and HIC reduction occurred in 
the rear orientation, whilst the remaining headgear displayed the least PLA and HIC reduction 
in the front boss orientation. It should be noted that the difference in PLA and HIC reduction 
between the rear and front boss impact locations is minimal for all headgear with exception 
to headgear 4. All headgear displayed the highest PLA and HIC reductions in side, forehead, 
and then rear boss orientations. Headgears 4 – 6 consistently display larger PLA and HIC 
reductions across all positions compared to headgears 1 - 3.  
 
Figure 13 Mean (SD) max HIC scores for all headgear units in each orientation from drop heights of A. 238mm, B. 300mm, 
C. 610mm and D. 912mm
Both Gamebreaker and N-Pro units followed similar tends to those observed in the CCC, Kukri 
and 2nd Skull units with the maximum HIC reduction occurring at the lowest drop height and 
consistently decreasing as height increased. Maximum HIC reduction for Gamebreaker blue, 
black and N-Pro occurred in the side orientation (68.5% ± 4.0, 70.7% ± 3.4, 64.2% ± 3.5 
respectively). The rear impact showed the lowest reduction in HIC for N-Pro headgear, 
however the headgear in this orientation performed vastly better in both Gamebreaker 
samples (Figure 13). 
 
At 912mm drop height the range of HIC reduction over all orientations was 66.7-34.1%, 67.4-
41.5% and 52.1-8.2% for Gamebreaker blue, black and N-Pro respectively. All positions in the 
Gamebreaker and N-Pro units performed better in all orientations than the CCC, Kukri and 2nd 
Skull units.
2.5 Discussion 
All headgear reduced PLA and HIC compared to no headgear (p < 0.05). This is expected as 
the presence of foam padding will extend the time of total deceleration, thereby decreasing 
the peak acceleration. Headgear performance was clearly split into two groups; headgears 1 
– 3, and headgears 4 – 6. Headgears 1 – 3 all use a lightweight (≤ 45kg/m3) closed cell foam 
(CCC 2017, Skull 2019), which measured between 8 and 10mm max thickness, to provide 
impact attenuation. All three incorporate very similar materials, at similar thicknesses, in 
similar cell structure arrangements around the headgear. This is likely why all three display 
similar impact attenuation behaviour. Headgear 4 utilises a high density, viscoelastic, open 
cell polyurethane foam (Ganly and McMahon 2018) while headgear 5 and 6 samples use a 
layer of EVA foam (Gamebreaker 2019) and a layer of impact absorbing, viscoelastic foam 
developed by D3O® (Gamebreaker 2019). Headgears 4 – 6 each have a higher total thickness 
than headgears 1 – 3. Headgears 4 – 6 lowered PLA and HIC significantly more than headgears 
1 – 3 across all impacts, however headgear 5 and 6 significantly lowered PLA and HIC more 
than headgear 4 across all impacts (p < 0.05). The difference between headgears 4, 5, and 6 
can likely be attributed to the difference in thickness, as headgear 5 and 6 had a much greater 
thickness than headgear 4.  
Side impacts showed the highest PLA and HIC reduction for all headgear as the side of the 
headgear had the greatest area of foam involved in the impact of all locations tested. 
Headgears 1 – 4 showed the lowest impact attenuation in the rear orientation. All of these 
headgear have laces at the back to ensure a tight fit when worn, therefore there is little 
padding in that area. Headgear 4 has a higher thickness of material than the other lace up 
 
types, therefore reduced PLA and HIC slightly more than headgear 1 – 3 in the rear 
orientation. Headgear 5 and 6 use a large elastic pad with a foam insert instead of laces, giving 
much higher impact attenuation than all other headgear in the rear orientation. Front and 
rear boss impact positions performed better than rear impacts, but not as well as the side or 
forehead due to having lower amounts of foam involved in the impact compared to side and 
forehead, but more than the rear. 
Studies of impact locations during gameplay all report the side of the head as the most 
commonly impacted region, followed by the front and back (with similar impact frequencies), 
and lastly the top of the head (crown) (King, Hume et al. 2015, King, Hume et al. 2016, King, 
Hume et al. 2018). It is unknown if the higher impact attenuation behaviour of the side impact 
location is intentionally designed into the headgear from results of previous field 
investigations or simply a consequence of the curvature of the head allowing for a flatter 
impact surface (therefore larger foam area involved in impact). Despite the back of the head 
being the second most common impact location, there is little padding at the back. The reason 
for this is likely that many of the impacts marked as rear impacts in studies are actually offset 
from the centre of the back of the head (i.e. rear boss). Rear boss impacts had significant PLA 
and HIC reduction across all headgear, similar to the forehead (Table 4). Impacts directly to 
the back of the head are still a concern, and one which is only addressed by headgear 5 and 
6 with the foam and elastic backing of the headgear. 
Headgear 6 (large) consistently performed better than the headgear 5 (medium). The medium 
size fit very tightly on the headform. Some amount of pre-crushing of the foam would have 
been present on the medium headgear, therefore reducing the amount of deformation the 
foam can undergo during the impact. Additionally, the larger sized headgear may have had a 
greater area of foam involved in the impact, therefore increasing the amount of energy 
absorbed in each impact. These differences were consistent, but non-significant at heights 
above 238mm. 
All headgear showed a lowering of attenuation effectiveness as drop height increased. The 
foams used in headgear can only absorb a certain amount of energy through deformation. 
This amount of energy depends on a range of structural properties intrinsic to the material 
involved as well as the thickness of such materials. As the impact energy increases, the foam 
dissipates a lower percentage of the total energy involved, therefore is less effective at high 
impact energies. The higher density, viscoelastic, open cell foams used in headgear 4 – 6 were 
observed to dissipate a much greater proportion of the impact energy than the lower density 
closed cell foams used in headgear 1 – 3. Closed cell foams are made up of many tiny pockets 
of air trapped within cells made of the foam polymer. Energy is absorbed through 
compression of the air pockets inside, and deformation of the cell walls giving the foams their 
‘springy’ feel when compressed. In open cell foams, cells are not fully closed off, allowing air 
to move through the material. In these, energy is absorbed through deformation of the 
polymer structure. As this happens, air is pushed through the cellular structure, offering some 
resistance to deformation, leading to the ‘memory foam’ properties of these foams. Open cell 
foams are far less stiff than the equivalent density closed cell foams, therefore, much higher 
density foams can be used in ‘soft-shelled’ headgear than what is possible for closed cell 
foams. This increased foam density, and increased viscoelastic nature of the open cell foams, 
likely accounts for most of the difference in impact attenuation behaviour between the two 
foam types.  
The headgear using closed cell foam experienced significant degradation in areas when 
subjected to the highest energy impacts. This was likely due to a bursting of the cell walls 
encapsulating the air pockets. Degradation was limited to headgears 1 – 3 and only occurred 
in the forehead and front boss areas, where there was low amounts of foam involved in the 
impacts. This was not observed at any other heights or on any other headgear.  
World Rugby have designed the approval standards in a way that limits overprotection of 
players. World Rugby states that the specifications for padded clothing and headgear are 
intended to encourage players to protect themselves rather than provide equipment that 
would materially provide injury protection. The standard also explicitly states that headgear 
approved by world rugby is not intended to protect against any form of mild traumatic brain 
injury or skull fractures. It makes sense therefore, that headgear 1 – 3 which have received 
World Rugby approval, do not reduce PLA or HIC to the same extent as headgears 4 – 6. 
Headgear 4 has received World Rugby approval, however not through the same standards 
that headgears 1 – 3 have. Headgear 4 has been approved through the newer Law 4 
assessment trial, for headgear designed to achieve specific, quantifiable medical benefits.  
Headgear has potential to reduce the risk of concussive head injuries. If the accelerations seen 
in an impact can be lowered to a safer level, the concussive injury risk can potentially be 
reduced. It is, however, not well understood what exactly causes concussion and what are 
the underlying mechanisms in the brain, although the link between high intensity head 
impacts and concussions is recognised. The results of this study show that the headgear 
tested can lower the impact accelerations by up to 50%, indicating there is a potential they 
can make a difference on the field. Further testing of headgear performance on the field is 
required before any definite conclusions can be drawn on their protective performance. 
Additionally, the effect of the fit of the headgear should be investigated with regards to the 
impact attenuation behaviour. This study was limited to linear accelerations. Further 
investigation is needed investigating rotational accelerations, and their role in concussive 
injuries. Some researchers have proposed rotational accelerations to be more damaging to 
the brain than linear (King, Yang et al. 2003, Graham, Rivara et al. 2014). At present, however, 
no single widely used method exists to quantify the rotational injury risk. Some researchers 
have put forward metrics similar to HIC which integrate the rotational and linear acceleration 
(King, Yang et al. 2003, Gardner, Iverson et al. 2014), however, validation standards do not 
yet exist for verification, unlike HIC. Further investigation needs to take place into the metrics 
quantifying injury risk using both rotational and linear acceleration.  
2.6 Conclusion 
This study provides further evidence that rugby headgear can reduce the peak linear 
accelerations and HIC from an impact. All headgear significantly reduced the PLA and HIC of 
an impact. The newer types of headgear reduced PLA and HIC significantly more than the 
World Rugby approved headgear. All except headgear 5 and 6 showed little reduction in PLA 
and HIC in rear impact, and all headgear showed a reduction in effectiveness at higher drop 
heights. Further investigation is required into rotational accelerations, how headgear can 
mitigate these, whilst establishing standards for quantification of rotational injury risk. 
3 Developing a biofidelic alternative to the Hybrid III ATD neck 
3.1 Development of a neckform validation criteria  
The H3 neck is validated by Humanetics using methods set in the code of federal regulations 
(Administration 1997). This specifies a pendulum be used, with neck and headform attached 
at the base, to create impact accelerations (Figure 14). The pendulum is to be released from 
stationary and allowed to free fall from a height such that tangential velocity at the pendulum 
accelerometer centreline at the instance of contact with the honeycomb is 7.01 ± 0.12m/s for 
flexion testing, and 6.07m/s ± 0.12m/s for extension testing (Administration 1997). These 
velocities correspond to initial heights of 2.5m and 1.9m respectively at the accelerometer. 
The pendulum is required to impact a block of honeycomb with 28.8 kg/m3 density such that 
pendulum deceleration fits within the ranges in Table 9. The specifications for the pendulum 
itself are shown in Figure 14 (Administration 1997).  
 
Figure 14: test setup showing head and neck orientation for flexion testing (top left) and extension testing (top right). 





The rotation of the head is measured at the line shown in Figure 14 denoting plane D (shown 
as a dashed line at the base of the head). Similar to the pendulum acceleration, a range is 
given for the rotation angle of plane D at certain times following the onset of impact. These 
are given in Table 10. Any H3 neck must fit within the ranges given to be considered validated.  
 
These acceleration values fit well within the ranges that have been seen for T1 accelerations 
across past studies despite seeming somewhat at the higher end (Figure 15). Mertz and 
Patrick subjected human volunteers to frontal accelerations ranging from 2 to 9.6g. Neck pain 
was experienced at any acceleration level higher than 8g (Mertz and Patrick 1971). T1 
accelerations were not reported. From the data in Table 8, it is safe to assume the 
accelerations seen would have been 2 – 3 times as high as the sled acceleration.  
 
Figure 15 Humanetics Hybrid III T1 accelerations compared to those used in the literature (Ewing, Thomas et al. 1969, 
Ewing, Thomas et al. 1978, Thunnissen, Wismans et al. 1995) (Wismans, van Oorschot et al. 1986, Wismans, Philippens et 
al. 1987, Van den Kroonenberg, Philippens et al. 1998) 
 
Table 9          Pendulum deceleration curve values for flexion and extension testing 
Time (ms) Flexion deceleration level (g) Extension deceleration level (g) 
10 22.5 – 27.5 17.2 – 21.2 
20 17.6 – 22.6 14.0 – 19.0 
30 12.5 – 18.5 11.0 – 16.0 
> 30ms 29 maximum 22 maximum 
Table 10          Plane D rotation for validation of the Hybrid III 50th percentile neck 
Flexion Extension 
Time (ms) Angle of rotation (°) Time (ms) Angle of rotation (°) 
57 - 64 64 - 78 72 – 82 81 – 106 
113 - 128 Rebound past 0° 147 - 174 Rebound past 0° 
For this study, a combination of the humanetics validation and a comparison to the published 
data for human volunteers was used as a validation standard for the neck. Using the maximum 
and minimum values for head angle, neck angle, and head rotational acceleration and 
velocity, a set of validation corridors were created (Figure 16). These are largely based on the 
values presented in Table 3. This method of developing a validation corridor was chosen as it 
encapsulates all of the measured data that has been captured in human neck trials. Figure 16 
A shows the peak head angles reported in the literature. Data points not used for creating the 
corridor were included to show how the data fits within the corridor. Figure 16 B, C, and D 
show the peak neck angle, head rotational velocity, and head rotational acceleration corridors 
respectively, similarly to Figure 16 A. Far less data was available for the rotational velocity and 





Figure 16 A - D: Validation corridors created using the published data (Ewing, Thomas et al. 1969, Ewing, Thomas et al. 
1978, Thunnissen, Wismans et al. 1995) (Wismans, van Oorschot et al. 1986, Wismans, Philippens et al. 1987, Van den 
Kroonenberg, Philippens et al. 1998) 
3.2 Neckform impact testing method  
Impact velocities used across previous human trials sit in the range of 3.1 – 17.5 m/s for 
frontal testing with peak T1 accelerations of 4.9 – 66 g. The Humanetics impact velocities are 
7 and 6m/s for flexion and extension with peak accelerations of 27.5 and 21.2 respectively, 
created by allowing the pendulum impact a block of aluminium honeycomb with a density of 
28.8 kg/m3. The specific type of aluminium honeycomb was not available and manufacturers 
for this this are limited in New Zealand. This meant 28.8 kg/m3 density honeycomb was 
effectively unavailable. Therefore, a new method of creating input accelerations and 
durations was established, then compared to the literature. 
The decision was made to replicate, as closely as possible, the accelerations and velocity 
changes reported for human volunteers. In doing so, it was assumed that the humanetics 
pendulum parameters would be easily replicated in the process. The first step was recreating 
C 
D 
the range of accelerations over range of velocities used to develop the validation corridors in 
Figure 16. Initially, two different samples of aluminium honey comb were used as an impact 
surface for the pendulum. These had the densities of 48 and 95kg/m3 with thicknesses of 30 
and 50mm respectively.  
Through preliminary trials, it was found these did not recreate the desired accelerations as 
they were far too thin, and far too dense. The accelerations were only recorded for the 
95kg/m3 honeycomb, oriented with the length of the honeycomb cells perpendicular to the 
pendulum impact direction. If honeycomb was oriented with the length of the cells in the 
direction of pendulum travel, accelerations were far too high for the given impact velocity. 
The perpendicular orientation, however, was only offering amortisation up to ~2.8m/s impact 
velocity. Above this, the honeycomb fully compressed and accelerations increased drastically. 
This is seen in Figure 17 as a sharp increase of the linear slope of the velocity vs T1 acceleration 
data.  
 
Figure 17 Peak accelerations at the base of the neck for the impact velocities measured 
The second preliminary trial (labelled 3D print in Figure 17) used a 3D printed cellular 
structure with properties tailored to approximate the impact conditions required. This 
produced the resultant impact accelerations, but showed the closest match to the 
Humanetics impact conditions. This also led to another problem; failure of the neck (Figure 
21). Considering each 3D print structure block required at least 24 hours continuous printing 
to create, it was deemed unsuitable for continued use.  
The first round of measured and processed trials began (labelled as Round 1 in Figure 17), this 
time using foam slabs as the impact surface. Alternating layers of viscoelastic open cell 
polyurethane foams were used (Figure 17). These were the Confor green (13mm thickness, 
manufactured by Trelleborg) and the Sunmate (13mm thickness, manufactured by Dynamic 
systems Inc.), with the Confor green being far stiffer and denser than the Sunmate. 2 – 3 layers 
of the foam combination were used with one layer being one piece of each of the foams 
(Figure 18). Trials were carried out with the head and neck attached to the pendulum, and 
data was recorded for both frontal flexion and rear extension. The pendulum was released 
from heights of 0.2 – 1m in steps of 0.2m. This distance was measured from the ground to a 
fixed point at the base of the neck. The pendulum acceleration results (Figure 17) show the 
material bottoming out at around 2.5m/s impact velocity (20 – 40cm drop height). Following 
this, accelerations rose sharply, until failure of the neck occurred.  
More foam slabs were added to avoid bottoming out (Figure 18), and a fourth set of impacts 
were carried out (labelled as Round 2 in Figure 17). All foam pieces were inspected manually 
for signs of degradation, however none were present. Impact heights were 0.4 – 2m in steps 
of 0.4m. Figure 17 shows the foam did not bottom out at any of these heights. Additionally, 
the foam gave a much shallower increase in acceleration as the impact velocity increased, 
closer to that reported in the literature.  
 
Figure 18 impact surface for the pendulum showing the alternating foam slabs with those on the left associated with 
testing Round 1, and those on the right for Round 2 
3.3 Data collection and processing 
Video analysis was used to evaluate the impact speed and acceleration of the pendulum (T1) 
as well as the rotational kinematics of the head and neck. A Photron SA-X1 camera was 
pointed at the impact area, filming at 1000fps and 1/8000s shutter speed. Higher frame rates 
were found to produce significant noise during post processing due to the smaller movements 
between each frame. Slower shutter speeds resulted in image blur, whilst shorter speeds 
excessively darkened the image.  
All areas of interest were painted matte black, with an array of white tracer dots drawn over 
the top. This array was drawn such that at each location of interest, there was at least 4 points 
in a straight line. These dots were used for motion tracking in image processing software GOM 
Correlate (https://www.gom.com/3d-software/gom-correlate.html). The minimum radius for 
point identification was set to 1.5 pixels. Maximum residual grey value adjustment was set to 
0.15, and minimum ellipse contract was 25 grey values. The scale of the image was set based 
on the white beam that the pendulum was attached to. This was 1.5 pixels/mm, and remained 
constant throughout testing as the camera never moved. Preliminary trials showed GOM 
Correlate struggled to pick up on all points throughout the length of the impact and rotation 
of the head. This was due to the shape of the head and neck. Because using the high speed 
camera required using bright LED lights, reflections were created on the head and neck. These 
reflections often aligned themselves with the white points drawn on the head and whilst 
moving through their motions. This was not an issue for the flat surface of the pendulum 
itself.  
To find the impact velocity of T1, identification points were created on the base of the neck 
(Figure 19). This was chosen as it was the last element rigidly fixed to the pendulum itself 
before the rubber neck elements. As many points as possible were selected to achieve reliable 
data output throughout the tests. This also allowed an average of many points to be taken, 
increasing the accuracy of the results.  
 
Figure 19 tracking dots on the base of the neck (T1) showing the horizontal velocity of each point 
Following this, lines were created at T1, and also on the neck and head. The neck motion was 
assessed at the top of the neck near the occipital condyles joint. The head motion was 
evaluated both at plane D, and along the centre of gravity. To find angular motion, angles 
were created between the lines on rigid and moving areas (Figure 20). Multiple of these 
angles were created between each of the elements for the same reasons given previously. 
Only the velocity of the pendulum and the angular displacement of the head and neck were 
assessed in GOM Correlate. Differentiated data (linear acceleration, rotational velocity, and 
rotational acceleration) was not taken from GOM Correlate as it relied on the “smoothness” 
of the undifferentiated data. This data was not always smooth as reflections and errors in 
tracking inhibited certain points from proper identification creating erratic data with large 
errors. 
Data was collected into excel and any spurious data, such as data spikes up to 10 times greater 
than peak values, were removed. Data was then imported into MATLAB for continued 
processing. Pendulum velocity data had a moving average applied to it to smooth the data. 
This was then averaged to find the overall, continuous T1 velocity, then differentiated to find 
the T1 acceleration. This acceleration data had a subsequent moving average applied to it to 
further smooth the data. Due to the high number of data points, these moving averages did 
not affect the overall shape of the data, but rather removed much of the noise, revealing the 
underlying kinematics. A similar process for each of rotational velocity and acceleration was 
carried out, however it was found that a moving average did not smooth the data enough for 
reliable extraction of information.  
The rotational displacement data was used to fit a curve using the Matlab “cftool” function. 
The head and neck rotation data was fitted with a sine curve of as many terms as needed to 
achieve the highest R2 value. The lowest R2 value used for fitting was 0.9978, which was 
considered valid based on visual inspection of the two data sets. The fitted curves were 
differentiated and used for finding maximum rotational velocity and acceleration, along with 
the times at which these occur. Many of the differences between the fitted curve and the 
measured data set was considered an error in the measured data set, and therefore maximal 
values for differentiated data was taken from these fitted curves. 
 
Figure 20 typical angle used for evaluation of the rotations of the head and neck 
Errors were taken as the largest difference between the measured values of the data sets 
taken from GOM Correlate. These were propagated through the analysis and used as the 
uncertainties in the final data.  
3.4 Neck design 
3.4.1 First design 
In keeping consistent with the H3 neck, an initial quote was sourced for casting the neck out 
of butyl rubber. Due to the asymmetric shape of the cast, this was quoted at over $3000 NZD. 
At the time this was not viable, therefore urethane rubber was chosen as the initial material 
as its mechanical properties were similar to that of the butyl. The urethane rubber, in a 
product named Task 16 by Smooth On Ltd., was used. It is a liquid part A and B mix which 
cures to a hardness of 80A shore hardness. The large rubber discs and nodding blocks were 
cast one at a time using a simple 3D printed mold (Figure 21), chosen due to the ease and cost 
efficiency of creating the difficult shape. Molding the rubber pieces one at a time meant the 
whole assembly (Figure 21) consisted of separate parts held together with the centre tension 
cable.  
 
Figure 21: molding process for the individual pieces of the neck rubber (left). Complete first attempt of the neck (right) 
This was tested in static loading and was found to fit into the biofidelic corridor proposed by 
Patrick and Mertz (Mertz and Patrick 1971). Static tests were completed outside of this 
project by the 2018 Final year projects team at the University of Canterbury (Adams, Stitt et 
al. 2018). This testing involved holding the base of the neck in a rigid clamp and applying 
weight to the top of the headform attached to the neck. This produced a measurable moment 
around the fixed point (representing the top of the thoracic spine (T1)) and the occipital 
condyles (OC), giving a rotation deflection of the neck and head. Further analysis of the 
methods used by Patrick and Mertz raised questions about the reliability and validity of the 
proposed method for the present study. This corridor was based on only one human subject 
and some post mortem data, therefore is of questionable reliability in itself. Additionally, 
Patrick and Mertz used dynamic loading instead of static loading. It was believed the neck 
would behave differently under a dynamic load.  
Whilst carrying out these validation tests, high speed imaging revealed a problem with the 
design. Since all parts were molded separately, movement was permitted between the 
aluminium disks and the rubber inserts, despite being held together by the tension cable 
(Figure 22). In preliminary drop testing, the rubber and aluminium pieces moved significantly 
during each impact, leading to large repeatability errors.  
It was found that the methods used by Humanetics to cast the neck was such that the rubber 
and aluminium did not separate during a bending event. In light of this finding the neck was 
secured differently. The same individual rubber and aluminium pieces were used, however 
the whole assembly was glued together using Maverick Bond, one of the strongest permanent 
bonding substances available suited for both urethane and aluminium. This however resulted 
in the glued neck assembly failing under impact load as shown in Figure 22. The first rubber 
insert (closest to the base of the neck) failed first, following which, the load was transferred 
fully through the tensioning cable. As a consequence, the tensioning cable also failed.  
Based on this preliminary trial, a new set of design requirements were set for the neck:  
1. The neck had to be manufactured without the need for adhesive use 
2. Rubber inserts should not separate and move during validation impact testing or 
throughout drop testing thereafter 
 
Figure 22: Video image of the validation carried out on the first neck showing the separation of the rubber and aluminium 
along the back of the neck (left). Second attempt at validating the neck showing failure of the neck internal cable and 
separation of the discs (right) 
3.4.2 Improved neckform design 
The second attempt required remanufacturing the aluminium pieces and rethinking the 
casting method. Instead of using flat and smooth aluminium inserts, each one had an 
undercut groove at the outer edge of where the urethane sits (Figure 23). This was undercut 
at an angle of 9° and a depth of 2.5mm ensuring the urethane did not peel away at the edges 
given a large bending event. In each downward facing groove air holes were drilled to release 
air bubbles that would get caught when pouring the urethane.  
 
Figure 23: single layer of the mold showing the asymmetrical shape. Complete mold showing the inside cavity to be cast 
with urethane rubber (right) 
In addition to this, 6 holes were drilled through each of the aluminium disks allowing the 
rubber pass through and cast as one single piece through all five disks. To cast the entire neck 
as one piece, a larger mold was constructed out of 3D printed blocks (Figure 23). The basic 
shape of each layer was the same as those used for the first design 3D printed molds. The 
urethane rubber was poured through the top of the mold until full, and left to set for 48 hours, 
until the material was fully cured.  
Once this was completed, preliminary testing of the neck was carried out using the 
Humanetics pendulum methods. Failure of this neck occurred during extension testing (rear 
impacts). Similar to the first design, Figure 24 shows the failure of the base of the neck at the 
front. The rubber was pulled out of the undercut edges and peeled away at the first (lowest) 
insert. This is where most of the bending stress is concentrated as it is transferred through 
the front of the neck to the base. This occurred on the final impact, and data was collected 
for all impacts until failure occurred. 
 
Figure 24 Second design of the neck showing the failure during rear end impacts 
3.4.3 Further neckform design modifications 
The second design of the neck yielded the results shown in Figure 27 – 30. Comparison to the 
validation corridors showed the neck was too stiff. There were two feasible explanations for 
this: 
1. The neck materials were inherently too stiff.  
2. The method of neck testing involved impact energies exceeding those in similar 
studies. 
The first of these was addressed by attempting to cast the neck from silicone rubber. The 
aluminium discs were manufactured the same as the previous (second) design, however the 
silicone rubber had a far lower shore hardness, (45 A) therefore would allow greater rotation 
for the same applied force. This particular silicone rubber, whilst being far softer once fully 
cured, was far more viscous than the urethane rubber when first mixed. Additionally, the set 
time was shorter for the silicone than the urethane rubber. Due to these two properties, 
casting the neck with this material, in this particular way did not work. Figure 25 shows the 
final product using a silicone based rubber. 
 
Figure 25 Attempt at casting the silicone neck 
Only part of the mould filled with the rubber. As the rubber was being poured, the stream 
became thicker and wider as the rubber quickly set. This lead to the mold filling at the top 
and trapping large air pockets inside giving a false indication the mold was filled with rubber. 
This was allowed to set for 48 hours undisturbed. 
To get a rough idea of its ability to withstand the validation testing, once set, the silicone neck 
was subject to manual bending. This was carried out by hand, imparting comparatively small 
amounts of force. The silicone rubber easily pulled out of the undercut grooves and was easily 
torn out of the aluminium holes. From this it was inferred that the silicone rubber was both 
too weak and required a different casting method to make its use a viable option.  
3.4.4 Final neckform design 
The fourth design used the same urethane rubber which produced the first and second 
designs. This time, however, greater impact energies were to be used. As noted earlier, the 
bending force is transferred from the head through each section of the neck, to the base, 
where the rubber had to hold the total bending force. With this in mind, all groves were cut 
with a more aggressive undercut angle (up to 13°), with the discs at either end of the neck 
having far deeper grooves cut. In addition to the deeper grooves, two M3 button head screws 
were added to the front of the base of the neck (point of maximum bending force and point 
of failure on previous designs). Figure 26 shows the neck during the maximum rotations 
achieved during testing.  
 
Figure 26 maximum rotation angle of the neck for flexion (left) and extension (right) 
Despite the previous changes, the tensioning cable was kept the same as the cable was not 
the first component to fail on the first design, the glue was. The cable would not have 
experienced any issues had the glue not failed first, therefore this was not upgraded. This 
design was the first to withstand all the testing impacts. The results from this neck were the 
last recorded as time restrictions limited further development of the H3 replica neck.  
3.5 Neckform impact test results 
Figure 27 shows the head link angle for each impact measured. The majority of the data sits 
outside the validation envelope. The first round of testing (shown in red, displaying results for 
the second neck design) displays lower rotation angles for the same input acceleration than 
those measured in the second round of testing (yellow, final neck design). The first and second 
rounds pertain to the impact created with the conditions labelled round 1 and round 2 
respectively (Figure 17 and 33). The differences between the two test runs was limited to the 
input velocity, and the amount of foam used as the impact surface. Both generated 
accelerations within the same range. This displays the importance of properly recreating the 
velocity and acceleration parameters when testing a model neck with comparison to human 
volunteer studies.  
 
Figure 27 Peak head rotation angle with the first round of testing (round 1) shown in red and the second shown in yellow 
(round 2) 
Figure 28 shows the peak neck rotation angle for all impacts. Similar to the head angle, almost 
all data sits outside the validation envelope. Additionally, there are visible differences 
between the first round of testing, and the second. Both Figure 27 and 28 show that the neck 
is stiffer than what has been reported for human volunteer necks. It is however, clear that 
the exact velocities and accelerations used in the literature were not recreated (Figure 33). 
What can be seen is an increase in the impact velocity results in a greater rotation of both 
neck and head for the same peak acceleration. This indicated that if impact conditions can 
more closely match those in the literature, the neck could potentially inhabit the validation 
envelope. Recreation of these conditions was not achievable with the current setup however, 
as there were physical size and range of motion constraints set by the location of the 
pendulum.  
 
Figure 28 Peak neck rotation angle with the first round of testing shown in red and the second shown in yellow 
Figure 29 shows the peak rotational velocity of the head for each impact. Much of the data 
sits comfortably within the validation envelope. Contrary to the results for rotation angle, the 
head displays higher rotational velocity for the second round of testing (shown in yellow).  
 
Figure 29 Peak rotational velocity of the head round of testing shown in red and the second shown in yellow 
Figure 30 shows the peak rotational acceleration of the head. Similar to the peak rotational 
velocity, much of the measured data sits within the validation envelope. The data from the 
second round of testing sits further towards the middle of the envelope, and is lower than 
the data measured from the first round.  
 
Figure 30 Peak rotational acceleration of the head round of testing shown in red and the second shown in yellow 
Table 11 shows all of the data measured for each impact tested in both Round 1 and 2. It 
should be noted that the peak times are taken from the onset of impact, defined as the 
moment the horizontal velocity decreases on average for more than three frames. In general, 
the second round of testing had longer times to reach peak values. 
 
Figures 31 and 32 shows how the two closest velocity/acceleration tests matched the requirements 
of the Humanetics standard. Figure 31 shows the T1 acceleration for the flexion and extension impact. 
The acceleration of the pendulum takes far longer to peak and has a different shape to what is 
required by the standard. These two tests were carried out at ~5.7m/s impact velocity which is also 
lower than both flexion and extension requirements of 7 and 6m/s respectively.  
 
Figure 31 acceleration of the closest matching impact to the Humanetics standard compared to the requirements set in the 
standard 
Figure 31 shows how the rotation angle of the head compared to the standard for the same two tests. 
The peak rotation is far lower than the requirements for both flexion and extension. The zero crossing 
also occurs much earlier for both tests, however, the peak rotation occurs close that of the standard. 
 
Figure 32 Head rotation for the two closest matching impact to the Humanetics standard compared to the requirements 
set in the standard 
3.6 Discussion 
3.6.1 Neck performance  
Despite being cast from the same material, there were clear differences in the behaviour of 
the two neck designs tested (second and final neck designs). This is likely due to the 
differences caused by changing the impact conditions. The first round of testing showed high 
peak accelerations for the impact velocities measured. This was due to the amount of foam 
present for the pendulum to impact. Less foam meant less time for deceleration before 
bottoming out, therefore drop height (and corresponding velocity) was limited. Figure 33 
shows the peak accelerations for the impact velocities measured compared to those used in 
the literature. 
 
Figure 33 Peak accelerations of the pendulum during testing compared to those reported in past studies and those in the 
Humanetics validation standard (Ewing, Thomas et al. 1969, Ewing, Thomas et al. 1978, Thunnissen, Wismans et al. 1995) 
(Wismans, van Oorschot et al. 1986, Wismans, Philippens et al. 1987, Van den Kroonenberg, Philippens et al. 1998) 
The second round of testing came closer than the first to recreating the impact conditions 
used in the literature. From Figure 33 however, it is debatable whether any of these were 
within the ‘literature’ range. Many of the tests in literature have a far lower peak acceleration 
for the impact velocity than those measured in this investigation. As seen in Figures 27 - 30 
as the impact velocity and acceleration get closer to that used in past studies, the head and 
neck kinematics get closer to the to that of the human head and neck. The higher the input 
velocity the greater rotation of both head and neck for any given acceleration. It is however, 
unknown whether given the appropriate impact conditions, the head and neck response 
would fit within the validation corridor. Despite the best efforts to recreate the impact 
conditions in the literature, there were some insurmountable differences inherently present 
using this experimental set up. The maximum height the pendulum could reach was 2.5m 
(120°, ~8m/s). This does not offer as large of a change in velocity as what is used in many of 
the studies which used upwards of 10m/s velocity change for testing frontal flexion.  
In addition, the material of the rubber part of the neck, despite similar nominal stiffness, did 
not perform similarly to the butyl rubber used in the H3 neck. The H3 neck was noticeably 
softer than the final neck design. This difference in stiffness was not quantified, however was 
noticeable when bending the neck by hand. The difference in properties of the two materials 
lead to other differences in testing. The urethane rubber used for the new neck did not have 
the same damping properties as the rubber used for the H3 neck or the human neck data. 
This however was not investigated in any depth for the present study. Figures 31 and 32 
displayed how the neck behaved when compared to the Humanetics standard. The two 
impacts chosen were those that most closely represented the accelerations and velocities in 
the standard. Both accelerations peaked much later than the standard requires. The foam 
used to create the accelerations behaves much differently to the aluminium honeycomb used 
in the standard. Aluminium honeycomb compresses with a constant force, whereas 
compression of the foam requires increasing force as the foam is crushed. This lead to a 
smaller acceleration initially, which increased as the pendulum crushed the foam.  
The silicone neck could not be cast using the same methods as the urethane neck. The casting 
method relied on gravity to move the liquid material through the neck structure. The silicone 
was too viscous once mixed to flow through the structure properly. In an ideal case, this would 
be injected into the mould.  
There were multiple difficulties associated with creating the validation criteria. There is a 
sufficient lack of reliable data on the behaviour of the human volunteer neck to acceleration 
events. The data that does exist is, for the most part, of questionable quality. The data for the 
rear impacts was performed with a head rest which limited head movement. Additionally, T1 
movement was not always quantified, creating errors that prevented data from being used 
to create validation corridors. There is also a lack of published data for the torsion, flexural 
stiffness, static properties, and compressive strength of human necks. For a full validation of 
any neck model, these properties would need to be known. These were not investigated in 
this study as there was little to no published data for comparison. Another comparison not 
made in this study was that of the shapes of the response data for the neck against the human 
volunteer necks. Comparing the shapes of the rotational response curves would provide a 
great deal more information about how the neck form compares to human head and neck 
system.  
3.6.2 Alternative solutions 
Since the development of the H3 neck by Humanetics, there have been significant 
advancements made in the biofidelity of neck design. Some of the newer types are the THOR 
50th percentile male, and the BioRID II neck. The THOR 50th male neck uses aluminium and 
rubber, however also incorporates spring tensioned steel cables for a varied stiffness along 
the different directions. The BioRID II uses a complex series of pin joined “vertebra” which 
use a cable to supply stiffness to flexion and extension bending directions. These have been 
shown to provide far greater biofidelity than the H3 neck design.  
These newer neckforms, however, are far more complex in terms of manufacture than the 
H3 neck, creating their own subset of issues for use. There are multiple improvements that 
could be made to the design of the H3 style neck proposed in this study. Other casting 
materials such as Latex rubber that is available in NZ could be used to provide a lower 
stiffness.   
3.7 Conclusion 
The neck designed and built in this study did not meet the validation requirements. The 
testing methods could be the reason for this as the impact testing conditions were different 
from those used in previous studies. As the conditions approached those reported in the 
published data, the response of the head and neck became closer to that of the human neck. 
If further tests are to be completed, the material or joining method to the aluminium would 
need to be updated. The H3 neck is by far the easiest to manufacture out of the biofidelic 
neckforms and as such is the best candidate to be modified to better represent the human 
neck response to impact conditions. 
4 Laboratory validation of instrumented mouthguard for use in sport 
Concussion is an inherent risk of participating in contact, combat or collision sports. In an ideal 
case, assessment of injured players is facilitated by a certified athletic trainer, team physician, 
or other health care provider on the side line, however, the vast majority of young athletes 
practice and play in circumstances where trained personnel are not immediately available 
(Graham, Rivara et al. 2014). Currently there are guidelines imposed on New Zealand sporting 
organisations where players thought to have sustained a concussive injury are removed from 
play immediately and monitored for symptoms (ACC 2015). This method relies upon the 
player correctly reporting the immediate symptoms, which hinders effectiveness, as there is 
a tendency for athletes to underreport their symptoms (McCrea, Hammeke et al. 2004, 
Dziemianowicz, Kirschen et al. 2012, Anderson, Gittelman et al. 2016). One epidemiological 
study of traumatic brain injury (TBI) in the US estimated an economic burden of $60 billion 
annually (Daneshvar, Nowinski et al. 2011). While in New Zealand this number sits at $2 
million annually (Gaffaney 2014). 
Currently wearable sensor systems exist giving real time impact information. The most 
common types are helmet integrated sensors, patch sensors and mouthguard sensors all of 
which measure peak linear acceleration (PLA), rotational velocity (PRV) and rotational 
acceleration (PRA). The first of which is the head impact telemetry (HIT) system manufactured 
by Virginia tech and finds common use in studies of American football or ice hockey. The HIT 
system uses 12 accelerometers with 6DOF to find the linear and rotational components of the 
impacts (O'Connor, Rowson et al. 2017). The array is embedded rigidly in hard shelled 
helmets.  and accuracy of the device depends on the fit of the helmet (Jadischke, Viano et al. 
2013). The data recorded by these helmets have helped to better understand concussive 
injuries in sports. One study used the data from this in conjunction with medical reports for 
head injuries to propose an injury risk function for concussion (Funk, Rowson et al. 2012). 
These sensors however, can only be properly used in sports in which players wear a hard 
shelled helmet. 
 
Patch, headband and mouthguard sensors, are a more recent addition, and have found 
common use in sports without helmets such as football or rugby. Patch sensors are secured 
onto the skin using adhesive or a headband. When attached using adhesive, the patch sensors 
are commonly placed over the mastoid process behind the ear (O'Connor, Rowson et al. 
2017). They measure head impacts using 3 linear accelerometers and a triaxial angular rate 
sensor. The most common patch sensor is the X-Patch, which was manufactured by X2 
Biosystems. Laboratory validation studies have found the patch and headband sensors to 
have large errors. One study conducted on the X-patch found an error rate of up to 50% for 
PLA and PAA (McCuen, Svaldi et al. 2015) with another finding the patch to underestimate 
PRA by more than 25% on average (Nevins, Smith et al. 2015). A study conducted in 2017 
found the patch to have a combined direction RMSE of 34% for PLA, 2.8% for PRV and 23.4% 
for PRA (Schussler, Stark et al. 2017) while in 2018 it was found that the patch underpredicted 
linear and rotational acceleration (Tyson, Duma et al. 2018). The same study found an even 
lower correlation between the kinematic parameters of the SIM-G headband and reference 
sensor which heavily under predicted the linear acceleration and rotational velocity, but over 
predicted the rotational acceleration. 
 
Validation studies performed in vivo show similar results. Wu et al showed that both patch 
and headband sensors to have large errors compared to mouthguard sensors as both of these 
sensors can slip over the skull with the skin, giving false acceleration values (Wu, Nangia et al. 
2016). Video imaging in this study showed a movement of 2-4mm during impact for the patch 
sensors and 2-13mm for the headband sensor relative to a marker secured in the ear. Skin 
patch estimation of PLA and PRA were over-predicted by 15 ± 7g and 2500 ± 1200rad/s2 
respectively. Additionally, Video validation of in game head impacts confirmed the X-patch 
has a positive predictive value of 16.3% for head impacts (Press and Rowson 2017). The 
mouthguard sensor showed far less movement in this study (<1mm). In laboratory validation 
study, the X2 mouthguard showed a linear regression slope of 1.01 for PLA, 0.9 for PRA and 
1.00 for PRV compared to the headform reference sensors (Camarillo, Shull et al. 2013). The 
average normalised RMS error for these tests was 9.9 ± 4.4% for linear acceleration and 9.7 ± 
7% for rotational acceleration. Furthermore it was shown the X2 mouthguard detected 95.4% 
of the impacts as valid, however performed poorly when estimating the impact directions 
(Siegmund, Guskiewicz et al. 2016). 
Now a new mouthguard sensor has been developed by HitIQ. This mouthguard differs from 
others as it uses 3 triaxial accelerometers and a gyroscope to estimate resultant linear and 
rotational acceleration components of the impacts. This is different from the single 
accelerometer design used previously by other manufacturers. This mouthguard design 
currently lacks proper validation in a laboratory setting. Mouthguards have been shown to 
produce lower errors than other sensor systems on the market, and have a better coupling to 
the head. Because of this, it is important to quantify the errors produced by this new 
mouthguard sensor before it becomes available for use on the market. The purpose of this 
study therefore, was to validate the HitIQ mouthguard in a laboratory setting. This was 
achieved by comparing the PLA, PRA and PRV values and the signal traces of the mouthguard 
to a reference accelerometer pack inside a 50th percentile male headform. 
4.1 Mouthguard drop testing method 
Testing of the mouthguards was carried out using a gravity induced drop test rig, based on 
proven models of twin wire drop test rigs. Impact locations were front, front boss, side, rear, 
rear boss described in the NOCSAE standard for impact testing of headgear (NOCSAE 2017). 
Figure 34 shows these impact locations. The headform used was based on a hybrid III 50th 
percentile male headform, modified to include a rigidly fastened top jaw (Figure 35). This 
headform was made of aluminium and did not have the skin cover that the hybrid III headform 
has. The headform was fitted with an array of 3-axis accelerometers around the centre of 
mass of the headform. There were at total of 4 triaxial accelerometers inside the headform. 
These were arranged orthogonally to each other. The neck used was a Hybrid III neck. The 
mouthguard used in the study was the HitIQ Nexus. The accelerometers sample at a rate of 
3200Hz, and the gyro samples at 800Hz and are triggered when a threshold value of 10g is 
reached. Once the threshold value is reaches, the sensors capture data from 20ms before and 
80ms post trigger time, however there is also a retrigger function which will allow the 
mouthguard to capture data for longer if the impact event exceeds this time. Two of these 
mouthguards were included in the analysis to see if there was any difference between them. 
Both of these mouthguards were molded specifically to fit the top jaw, ensuring no movement 
during impact.  
 
Figure 34: Impact locations from top left to bottom right: Front/Forehead, Front Boss, Side, Rear, and Rear Boss. The 
mouthguard and dentition are both shown rigidly fixed to the upper jaw of the ATD headform 
The test positions available to use were limited by the test rig itself. Due to the extra adapters 
needed to mate the HitIQ head form and neck to the existing test rig components, a 90° angle 
(parallel to the ground) could not be achieved. The impact locations however are very close 
to those required, and due to the nature of the study, exact impact locations were not as 




Figure 35: HitIQ headform with a rigidly mounted top jaw for the mouthguard to attach to through testing 
Drop heights were chosen based on measured scenarios from gameplay. These were 
established to achieve PLA’s of 20, 40 and 80g, chosen as they fall within the range of 
published data for sporting head impacts (King, Hume et al. 2009, King, Hume et al. 2015, 
King, Hume et al. 2017, King, Hume et al. 2017, King, Hume et al. 2018, King, Hume et al. 2019, 
King, Hume et al. 2019). Three impact durations for the linear acceleration time-series traces 
were aimed for. These were 15, 30 and 60ms to represent short, medium and long duration 
head impacts (Table 12). Certain high energy impact scenarios were not performed due to 
likelihood of damaging components and not representing field conditions. Test Durations 
were taken from the onset of impact till the next local minimum in the resultant acceleration 
trace (Figure 36).  
 
Table 12: Drop heights (m) and foam combination (A - L) for each impact scenario tested. Those 
unable to be tested are left blank 
PLA (g) Duration (ms) Forehead Front Boss Side Rear Rear Boss 
20g 15ms 0.05  (E) 0.11  (A) 0.08  (E) 0.06  (L) 0.08  (I) 
30ms 0.39  (C) 0.46  (C) 0.60  (C) 0.51  (C) 0.53  (C) 
60ms 1.16  (H) 1.04  (H) - - - 
40g 15ms 0.14  (F) 0.24  (B) 0.20  (F) 0.15  (L) 0.17  (F) 
30ms 0.64  (J) 1.60  (D) - - - 
80g 15ms 0.65  (G) - - 0.63  (K) - 
 
The headform was dropped onto a 1 inch MEP pad (Cadex), above which various 
combinations of foam were placed to achieve desired PLAs and durations. Foam combinations 
were coded A - L for ease of display and a detailed list can be found in supplementary table 
1. Drop heights were taken from the top of the impact surface to the lowest point of the 
headform when attached to the drop carriage. Each impact scenario was repeated 5 times. 
 
4.2 Data acquisition 
The headform contained four tri-axial accelerometers (Analog Devices ADXL377, range: ± 
200G, sensitivity: 6.5mV/g) for a total of 12 sensing axes. Accelerometers were configured in 
a standard "Nine Accelerometer Package" array (Padgaonkar, Krieger et al. 1975) with the 
three redundant sensing axes configured radially along each primary axis. The data were 
recorded using a NI9205 analog input module (National Instruments, sample rate: 20 kHz, 16 
bit) and stored via a LabVIEW program. Accelerometer data were processed to find linear and 
rotational acceleration at the centre of mass of the headform, according to the standard NAP 
algorithm (Padgaonkar, Krieger et al. 1975). Once a kinematic solution was found, results 
were projected back to the location of each accelerometer and cross-checked with their 
actual reading, thereby allowing identification of capture errors such as misalignment and 
deformation. 
 
The HitIQ Nexus A9 instrumented mouthguard contains three accelerometer devices (Analog 
Devices ADXL372, range: ± 200G, 12-bit) and a gyroscope (Bosch BMG260, ± 2000dps range, 
16-bit). These were sampled at 3200Hz and 800Hz respectively, reflecting the different 
spectral components of on-field impacts, determined experimentally through field trials in 
Australian Rules, Rugby League and American Football. The circuit board and ancillary 
components such as a battery and antenna system were encapsulated in the mouthguard 
using HitIQ's proprietary process. A matching dentition was supplied by the manufacturer for 
attachment to the jaw section of the headform (Figure 35). A three-accelerometer array was 
selected to provide an estimate of angular acceleration independent of the gyroscope, 
allowing for a cross-check to remove spurious readings, coming from actions like mouthguard 
deformation rather than head kinematics. The mouthguard had an indicative trigger level set 
at 10G and was set to record 20ms of data before the first trigger, and 80ms after the last 
trigger in the event. This re-trigger function allows for an impact event to contain complex 
kinematics, compared to a fixed-length window which can lose context during complex, multi 
impact events. 
4.3 Post processing 
Time series trace data for both Linear and rotational acceleration was collected into MATLAB, 
and used to find resultant linear and rotational accelerations. For each separate impact, PLA 
and PRA (Figure 36) were defined as the maximum values of the resultant time-series data 
for linear and rotational acceleration respectively. These were used for the regression and 
Bland Altman (BA) analysis. Similar to previous studies (Camarillo, Shull et al. 2013, Bartsch, 
Samorezov et al. 2014, Greybe, Jones et al. 2020), RMS error was calculated between the 
Reference and mouthguard traces for both linear and rotational acceleration. Signals were 
first temporally aligned such that minimal area existed between them, following which, RMS 
and normalised RMS (NRMS) were calculated. RMS were normalised by the peak values for 
their respective impact: 
 









𝑁𝑅𝑀𝑆 =  
𝑅𝑀𝑆
𝑚𝑎𝑥𝑟𝑒𝑓
 × 100 




 being the measurements made by 
the mouthguard and reference sensors respectively and 𝑚𝑎𝑥𝑟𝑒𝑓 being peak reference 
acceleration. Two methods of trimming data for RMS calculations were used. The first 
trimmed the data at a threshold acceleration of 20% of the peak either side of the peak of the 
reference time series trace, called ‘Impact’ RMS (figure 36a and c). The second trims the data 
to start at a threshold of 20% PLA pre linear peak, and ending at a threshold of 20% PRA post 
rotational peak, called ‘Full’ RMS (figure 36b and d). A 20% threshold was experimentally 
determined to include the necessary trajectories generated by the impact rig, whilst excluding 
largely noisy data pre and post impact. The ‘Impact’ period is expected to be the impact part 
associated with the highest risk of brain injury and is common in previous studies, however 
fidelity of the ‘Full’ model may be required when investigating subconcussive impacts, where 
impact energy is spread over a larger time. 
 
Figure 36: Time periods considered for RMS calculations with impact (A and C) defining a 20% of the peak threshold either 
side of the peak. Full (B and D) defines the same time duration for both based on linear and rotational 20% thresholds 
4.4 Statistical analysis 
Statistical analysis was carried out in MATLAB (R2019) with significance set to p ≤ 0.05. 
Correlation between peak values was assessed using linear regression, finding coefficients of 
determination (r2) for linear and rotational acceleration. BA analysis was used to find the 
systematic bias and 95% limits of agreement (LOA) of the measured PLA and PRA between 
the reference and mouthguard (Bland and Altman , Klein 2020). Lin’s concordance correlation 
coefficient (LCCC), the intraclass correlation coefficient (ICC), and associated 95% confidence 
intervals were also calculated. Paired T tests were carried out on the rms values to assess 
statistically significant differences (p ≤ 0.05) between the ‘Impact’ and ‘Full’ rms. Strength of 
agreement criteria for LCCC has been put forward in a research report by NIWA, with 
substantial agreement at LCCC = 0.95 - 0.99, and ‘almost perfect’ agreement at LCCC > 0.99 
when compared to the lower one sided 95% CI (McBride 2005). An ICC value above 0.8 has 
been suggested as a minimum acceptable value for reliability and validity (Atkinson and Nevill 
1998). 
4.5 Mouthguard accuracy  
No significant difference in peak value error was found between impact locations, therefore 
results were pooled together. The peak values measured by the mouthguard show strong 
positive correlation with those of the reference sensors. Figures 37 a-d display the correlation 
and BA scatter plots for PLA and PRA. Figure 37b shows a non-significant bias of -0.49% for 
PLA and Figure 37d shows a significant bias of 1% for PRA (p < 0.05). Figure 37 a and c both 
show the strong correlation between the mouthguard and reference measures, having 
associated r2 values of 0.996 and 0.994 for PLA and PRA respectively. Figure 37d shows one 
significant outlier, representing a rear boss 40g 15ms impact with a 13.1% mouthguard PRA 
underestimation. 
 
Figure 37: Correlation (A and C) and Bland-Altman (D and D) plots for PLA and PRA 
Figures 38a – d show the ‘Impact’ and ‘Full’ NRMS errors across each impact location. In both 
cases for linear acceleration, one outlier was seen. The associated time series trace is shown 
in Figure 40. The two time periods over which the RMS and NRMS were calculated produced 
significantly different results with the ‘full’ RMS producing consistently higher RMS values for 
both linear and rotational acceleration. This is seen in Figure 38 when comparing the mean 
lines. A paired T test revealed mean differences between the two periods of 0.85% and 0.41% 
NRMS for linear and rotational respectively. Figure 38 shows there was no increase in NRMS 
as the PLA increases. Additionally, NRMS showed no relationship with impact duration for 
either linear or rotational acceleration. Figure 39 shows histograms of the NRMS distribution 
produced in this study. Figure 39a-d all show similar distributions of NRMS errors with an 
increasing chance of NRMS error until the mean was reached, after which, the probability 
greatly reduces, indicating a low spread of NRMS errors across the range. 
 
Figure 38: Normalised RMS values calculated over two different time periods for both linear and rotational acceleration. 
 
Figure 39: Probability of any single impact producing a NRMS error based on both rms durations used. The red line shows 
the mean NRMS error for each type of rms calculation 
Figure 40 shows the NRMS outlier, a 20g 15ms front boss impact. This was the only outlying 
impact of the 5 recorded for that scenario. The high NRMS error was caused by the 
recognition of a second apparent impact after the initial peak likely due to a minor decoupling 
of the mouthguard from the dentition or a slippage of the foam impact surface. This was only 
displayed in the linear acceleration time-series trace, and not the rotational acceleration. 
 
Figure 40: each impact in the 20g 15ms front boss scenario with the outlier marked 
No significant difference was found between the LCCC or ICC of linear and rotational 
acceleration (Table 13). There was also no significant difference between the relative peak 
acceleration errors for linear and rotational acceleration, suggesting no significant difference 
in accuracy or reliability between the two measures made by the mouthguard. Table 13 also 
shows the mean values of peak and RMS errors. The rotational RMS error is substantially 
larger than the linear RMS errors due to the much higher values involved with rotational 
acceleration compared to linear acceleration. 
Table 13: Measurement statistics 
 
Metric Measurement Linear Rotational 
Lin’s Concordance correlation Coefficient Peak acceleration 0.997 0.997 
LCCC 95% confidence interval Peak acceleration [0.996  0.998] [0.995  0.998] 
Pearson Correlation Coefficient Peak acceleration 0.998 0.997 
r2 value Peak acceleration 0.996 0.994 
Intraclass correlation coefficient Peak acceleration 0.997 0.997 
ICC 95% confidence interval Peak acceleration [0.996  0.998] [0.995  0.998] 
Linear regression equation Peak acceleration 1.04x – 1.28 0.98x + 31.2 
Mean (SD) Impact RMS 0.98 (0.64) 47.41 (34.99) 
Mean (SD) Impact NRMS 3.01 (1.22%) 3.44 (1.33%) 
Mean (SD) Full RMS 1.28 (0.75) 52.20 (31.60) 
Mean (SD) Full NRMS 3.85 (0.92%) 3.85 (0.76%) 
Mean (SD) relative peak value error Peak acceleration 2.56 (2.16%) 2.82 (2.54%) 
 
4.6 Discussion 
The results show strong agreement between the HitIQ mouthguard and headform reference 
sensors for both PLA and PRA with r2 values of 0.996 and 0.994 respectively. Other correlation 
measures show strong correlations between reference and mouthguard of 0.997 for LCCC 
and ICC for both PLA and PRA. These results are comparable to previous studies on 
instrumented mouthguards. A study conducted by Greybe et al (Greybe, Jones et al. 2020) 
utilised a pendulum impactor producing PLAs of 7 – 102.5g, comparing an intelligent 
mouthguard to reference sensors inside a headform. The r2 values were 0.93 for PLA and 0.99 
for peak rotational velocity (PRV) whilst PRA was not investigated. An earlier mouthguard 
validation study by Bartsch et al (Bartsch, Samorezov et al. 2014) utilised both headform 
simulation and in vivo head impacts across a range of impact severities producing r2 values of 
0.99 for PLA, 0.99 for PRV and 0.98 for PRA. A third mouthguard validation study by Camarillo 
et al (Camarillo, Shull et al. 2013) reported r2 values of 0.96 for PLA, 0.89 for PRA and 0.98 for 
PRV. Typically the strongest correlation on sporting head impact sensors are PRV values with 
most studies reporting r2 values of 0.98 – 0.99 (Camarillo, Shull et al. 2013, Nevins, Smith et 
al. 2015, Schussler, Stark et al. 2017, Tyson, Duma et al. 2018), whilst PRA tends to have far 
weaker correlation with reference sensors.  
BA analysis showed a non-significant bias of -0.49% with 95% LOA of [-7.1 6.1%] for PLA, and 
a statistically significant bias of 1% with 95% LOA of [-5.3 7.3%] for PRA (p < 0.05). The absolute 
BA analysis shows neither PLA nor PRA to have any statistically significant systematic bias. 
Neither Bartsch nor Camarillo display a BA analysis in their research. Greybe et al (Greybe, 
Jones et al. 2020) carried out a BA analysis, reporting systematic bias of 2.5g and -0.5 rad/s 
for PLA and PRV. Very few studies regarding sporting head impact sensors utilise BA analysis, 
with most going for only linear correlation instead. BA analysis is useful for studies such as 
these as it illustrates the measurement errors of the device being validated, whilst exposing 
any bias towards under or overestimation. Using only linear correlation heavily restricts the 
amount of information able to be gathered about the sensors performance.  
The furthest outlier in the PRA BA analysis is due to an underestimation of the PRA by the 
mouthguard during a rear boss 40g 15ms impact. Unlike the outlier shown in Figure 38-40, 
the associated RMS error is low, indicating a close match of the shape of the time series trace 
between mouthguard and reference. RMS error is useful for investigating the shapes of the 
two time series traces. This is important as many of the metrics for determining the injury 
potential, such as HIC15, HITsp, GSI and other kinematic injury predictors, rely on, and are 
sensitive to, the shape of the impact-acceleration trace. In previous studies, Camarillo et al 
(Camarillo, Shull et al. 2013) calculated the RMS over 25 data points (24.4ms) centred about 
the peak of the impact, assuming this to capture the entire impact. Greybe et al (Greybe, 
Jones et al. 2020) used similar methodology with RMS being taken over the duration of the 
‘impact part of the trace’. The longest impacts reported in this study were 23.5 ± 6.7ms, with 
the shortest at 12.1 ± 5.8ms, which are comparable with those achieved in the present study 
(9.7ms – 38ms). The time over which the PLA occurs does not encapsulate the time over which 
the PRA occurs, nor does it account for the total duration where a significant amount of 
excitation exists within the acceleration trace. 
For comparison with other studies, ‘impact’ RMS values will be used due to the shorter 
duration and closer resemblance of durations used in other studies. Camarillo et al (Camarillo, 
Shull et al. 2013) reported average RMS, (NRMS) errors of 3.9 ± 2.1g, (9.9 ± 4.4%) and 202 ± 
120rad/s2, (9.7 ± 7%) for linear and rotational acceleration. Greybe et al (Greybe, Jones et al. 
2020) found RMS, (NRMS) errors of 4.3 ± 3.5g, (13.1 ± 9.9%) for linear acceleration. Those 
found in the present study are smaller than those in previous literature with RMS, (NRMS) 
values of 1.0 ± 0.6g, (3.0 ± 1.2%) and 47.4 ± 35.0rad/s2, (3.4 ± 1.3%) for linear and rotational 
acceleration respectively. When the ‘full’ time period was used for the RMS error calculation, 
a consistently higher result was achieved, reaching statistical significance for both linear and 
rotational acceleration. For linear acceleration this was likely due to the tail of the time series 
data trace having a much higher signal to noise ratio than what exists across the impact peak. 
For rotational acceleration however the difference is likely due to the increased amount of 
large numbers in the time series data trace across additional peaks either side of the maximal, 
rather than excess noise. 
The small RMS errors and strong correlation between measurements made by the 
mouthguard and reference sensors demonstrate the high comparability of both linear and 
rotational acceleration time series traces between devices. This study, like those conducted 
previously, has its limitations. This study was conducted in a controlled laboratory, on a rigid 
body headform. This differs from the conditions imposed on the mouthguard during use in 
sports, for example through relative motion of the mandible (Camarillo, Shull et al. 2013), 
decoupling from the upper jaw due to saliva lubrication, or noise from non-head impact 
events. The testing method only incorporated a limited amount of PLA values ranging from 
15.2 – 83.9g with a visible break in continuous values from 40 – 80g (Figure 37) and far fewer 
impacts were carried out at the highest impact energy. Rigid coupling between the 
mouthguard and dentition were assumed during testing and was confirmed by visual 
inspection after every impact, however no movement was seen during testing. Future studies 
should investigate the effects of high energy, low duration impacts, as is seen with previous 
research (Camarillo, Shull et al. 2013, Bartsch, Samorezov et al. 2014, Greybe, Jones et al. 
2020). Additionally a linear impactor could be employed instead of a drop test rig in order to 
replicate a greater range of impact positions and scenarios. 
4.7 Conclusion 
This study shows that the PLAs, PRAs and shapes of the time series acceleration data 
measured by the mouthguard closely match that measured by the reference sensors inside 
the headform. The methods for impact testing were limited as only certain impact locations 
could be tested under certain scenarios with longer impact durations. The results reported in 
this study only hold up under the assumption that the head is a rigid body. This however 
shows promising results for investigating impacts seen in a sporting context, with lower PLA, 
PRA and rms error than other intelligent mouthguards previously validated in a laboratory 
setting. The results show that this instrumented mouthguard is a valid tool for measuring 
head impact kinematics in the laboratory, and could serve as a reliable instrument for 
measuring and quantifying head impacts in vivo, whilst expanding the current understanding 
of concussive head injuries.
5 Conclusions and Future Work 
From this body of research the linear acceleration attenuation performance of standard soft 
shelled rugby headgear has been investigated with comparison to a new rugby headgear 
potentially offering a reduction in risk of brain injury. This study provides further evidence 
that rugby headgear can reduce the peak linear accelerations and HIC from an impact. All 
headgear significantly reduced the PLA and HIC of an impact. The newer types of headgear 
reduced PLA and HIC significantly more than the World Rugby approved headgear. All 
headgear showed a reduction in effectiveness at higher drop heights. Further investigation is 
required into rotational accelerations, how headgear can mitigate these, whilst establishing 
standards for quantification of rotational injury risk.  
The neck designed and built in this study did not meet the validation requirements. The 
testing methods could be the reason for this as the impact testing conditions were different 
from those used in previous studies. As impact conditions approached those reported in the 
published data, the response of the head and neck became closer to that of the human neck. 
If further tests are to be completed, the material or joining method to the aluminium would 
need to be updated.  
This evaluation of the HitIQ Nexus A9 instrumented mouthguard shows that the PLAs, PRAs 
and shapes of the time series acceleration data measured by the mouthguard closely match 
those measured by the reference sensors. The results reported in this study only hold up 
under the assumption that the head is a rigid body. This however shows promising results for 
investigating impacts seen in a sporting context, with lower PLA, PRA and rms error than other 
intelligent mouthguards previously validated in a laboratory setting.  
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